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Graphene is a 2D material well known for its high intrinsic strength of 100 GPa and Young’s 
modulus of 1 TPa. Because of its 2D nature, the most promising avenues to utilize graphene as a 
mechanical material include incorporating it as reinforcement in a nanocomposite and creating free-
standing foams and aerogels. However, the current techniques are not well-controlled – the reinforcing 
graphene particles are often discontinuous and randomly dispersed – making it difficult to accurately 
model and predict the resulting material properties.  
Here we aim to develop a framework for a new class of nanocomposites reinforced not by 
discrete nanoparticles, but by a continuous 3D graphene network. These 3D graphene networks were 
formed by chemical vapor deposition of graphene on periodic metallic microlattices, thereby providing 
mechanical reinforcement for the lattices. To assist in the lattice design, analytical models were derived 
for the mechanical properties of core/shell composite lattices and experimentally validated through 
compression testing of polymer lattices coated with electroless Ni-P. The models and experiments showed 
good agreement at lower shell thicknesses, while there was divergence at higher thicknesses, likely due to 
fabrication imperfections. The analytical models were also applied to hollow metallic lattices coated with 
graphene and compared to experimental data. The results showed that the models are plausible and 
suggest that graphene has a significant strengthening effect on the microlattices. These studies represent a 
paradigm shift in the design and fabrication of nanocomposites as one may now precisely prescribe the 
placement of the reinforcing nanomaterials. On a broader scale, this work also lays the framework for 




One potential application area for a graphene-reinforced polymer composite is in prosthetic heart 
valves. The tissue of a human heart valve leaflet is heavily reinforced with networks of collagen and 
elastin fibers. One could similarly incorporate a graphene network as reinforcement within the polymeric 
leaflets of a prosthetic valve. One promising application of polymeric valves is in growth-accommodating 
implants for pediatric patients. Here we aim to develop a polymeric valved conduit that can be expanded 
by transcatheter balloon dilation to match a child’s growth. We designed the valve, characterized and 
selected materials, fabricated the devices and performed benchtop in vitro testing. The first generation of 
an expandable biostable valved conduit displayed excellent hydrodynamic performance before and after 
permanent balloon dilation from 22 to 25 mm. The second generation has shown the potential for a 
greater dilation from 12 to 24 mm. These results demonstrate concept feasibility and motivate further 
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Graphene consists of a single atomic layer of covalently bonded carbon atoms arranged in a 
honeycomb lattice. It represents a new class of nanomaterials that are considered to be two-dimensional 
(2D) in the sense that every atom in the entire material is located on a surface. Since the surface area to 
volume ratio in these materials is as high as is physically possible, it is reasonable to expect that graphene 
and other 2D materials will exhibit very interesting and special properties. 
Indeed, the isolation of single-atom-thick graphene layers in 2004 (Novoselov et al., 2004) led to a 
number of discoveries about its extraordinary electrical, optical, thermal, and mechanical properties, 
including a charge-carrier mobility of over 200,000 cm2 V-1 s-1 at room temperature (Bolotin et al., 2008; 
Morozov et al., 2008), an optical transmittance of 97.7% per graphene layer (Nair et al., 2008), a thermal 
conductivity of over 3,000 W/mK (Ghosh et al., 2008), complete gas impermeability (Bunch et al., 2008), 
and a strength of 103 GPa, the highest of any known material (Changgu Lee, Wei, Kysar, & Hone, 2008). 
These notable properties highlight the potential for graphene to be a revolutionary material and motivate 
the pursuit of a wide variety of applications (Bonaccorso, Sun, Hasan, & Ferrari, 2010; Xinming Li et al., 
2017; Novoselov et al., 2012). Some examples are the incorporation of graphene in high-frequency 
transistors (L. Liao et al., 2010; Lin et al., 2010), flexible and transparent electrodes (Bae et al., 2010), 
photodetectors (Xia, Mueller, Lin, Valdes-Garcia, & Avouris, 2009), ultra-sensitive chemical sensors 
(Yavari & Koratkar, 2012), corrosion barriers (Prasai, Tuberquia, Harl, Jennings, & Bolotin, 2012), and 
high-strength composite materials (Papageorgiou, Kinloch, & Young, 2017). 
Of greatest interest in this work are graphene’s mechanical properties, which were first measured by 
Lee et al. (2008) using nanoindentation on suspended samples of pristine exfoliated monolayer graphene. 
These experiments found graphene to have a 2D elastic stiffness of 340 N/m (equivalent to a Young’s 
modulus of 1 TPa in 3D) and an intrinsic strength of 34.5 N/m (equivalent to 103 GPa in 3D), making 
graphene one of the stiffest known materials and also the strongest material ever measured – over 100x 
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stronger than steel. However, the development of graphene into a useful mechanical material still faces 
challenges, including a low out-of-plane flexural rigidity (Q. Lu, Arroyo, & Huang, 2009; Y. Wei, Wang, 
Wu, Yang, & Dunn, 2013; Y. Wei & Yang, 2019) and low toughness (Changgu Lee et al., 2008; 
Shekhawat & Ritchie, 2016). Given these constraints, many researchers have sought to use graphene not 
as a standalone material, but as reinforcement within the matrix of traditional bulk materials such as 
polymers, ceramics, and metals. 
One approach to creating these graphene-based composites is to uniformly disperse graphene sheets 
or nanoplatelets within a matrix. This method has been used to produce a range of graphene-polymer 
composites that show improved electrical conductivity, thermal conductivity, and fracture toughness 
compared to the neat polymer (Potts et al., 2011; Stankovich et al., 2006). However, since the reinforcing 
nanoparticles are generally discrete or discontinuous (Markandan et al., 2017; Potts et al., 2011), there is 
little control of their exact placement, orientation, and topology. Furthermore, unsupported graphene 
sheets often adopt non-flat shapes which reduces their effectiveness as reinforcing particles (Potts et al., 
2011). Thus, the stochastic nature of the dispersion method results in a disconnect between the design of a 
composite and the fabricated product. This represents a major limitation on the ability to design and 
optimize graphene reinforcement for specific applications. 
Another approach to incorporate graphene into a composite material is to simply stack alternating 
layers of graphene and a bulk material to create a laminar composite. Kim et al. (2013) showed that 
graphene sheets within a nanolayered metal-graphene composite were effective at constraining 
dislocation propagation across the metal-graphene interface, resulting in significantly improved strength. 
While planar, layered composites allow for design control, they are nevertheless limited by a high degree 
of anisotropy. 
What is needed for effective reinforcement of a nanocomposite is a way to create a continuous and 
three-dimensional network of the reinforcing nanomaterials, similar to the manner in which reinforced 
concrete is constructed using three-dimensional lattices of steel rebar. Recently, a small variety of 
techniques have emerged for assembling graphene into 3D configurations as foams, aerogels, and lattice 
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networks (Cebo et al., 2017; Z. Chen et al., 2011; Hensleigh et al., 2018; X. Sun et al., 2021; Wu et al., 
2015). However, the arrangement of individual graphene sheets is still stochastic in most cases, and these 
techniques are not yet capable of producing arbitrary 3D graphene geometries with precisely controlled 
features at small scales. 
We aim to develop a framework for designing and fabricating architected 3D graphene 
networks, with precise control of features at the nanometer and micrometer scales. This would 
represent a paradigm shift for nanocomposites as one would be able to precisely prescribe the placement 
of the reinforcing nanomaterials. On a broader scale, this framework would also enable the systematic 
study of graphene behavior in 3D space and could lead to new insights about this fascinating material. 
Our ultimate goal is to enable the use of architected graphene networks as reinforcement in a 
composite, and one potential application for such graphene-network-reinforced composites is in 
polymeric heart valve prostheses. Polymeric valves are a promising alternative to the current state of the 
art in mechanical and bioprosthetic valves (D. Bezuidenhout, Williams, & Zilla, 2015; R. L. Li et al., 
2019). However, remaining challenges include structural degeneration of the polymer material, 
calcification, thrombosis, and overall limited durability under in vivo conditions. Nature’s designs could 
hold the keys to overcoming these obstacles. Native heart valve leaflets contain an intricate, multilayered 
microstructure reinforced with networks of collagen and elastin fibers, which ensures good function and 
durability for over 2 x 109 cardiac cycles during the course of a person’s lifetime. The incorporation of a 
similar reinforcing scheme in a biomimetic polymeric valve could lead to improved performance and 
durability (De Hart, Cacciola, Schreurs, & Peters, 1998). 
One unique trait of polymeric materials, in contrast to the rigid pyrolytic carbon used in mechanical 
valves and the non-living tissue used in bioprosthetic valves, is the ability of some polymers to sustain 
large permanent deformations while retaining structural integrity. Thus, polymers are an attractive class 
of materials for the development of growth-accommodating heart valves that could one day be used in the 
treatment of congenital heart disease (CHD) in children. Briefly, CHD affects ~1% of all live births (van 
der Linde et al., 2011), and many of these patients require the implantation of a prosthetic heart valve. 
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The challenge is that all currently available valve prostheses are designed to function at a fixed size, so 
children soon outgrow the valves and must undergo repeated open-heart surgeries to upsize the valves. 
There is a clear need for a new valved device that can accommodate the growth of a patient and 
reduce the number of required surgeries. In theory, tissue-engineered valves could ultimately be the ideal 
valve replacements since they are intended to be seeded with patients’ own living cells and to grow 
naturally. However, the technology for these constructs is not yet mature enough for clinical use (Hasan, 
Memic, et al., 2014). To provide a more immediate solution, we aim to develop a polymeric valved 
conduit, using a polymer capable of sustaining large permanent deformations, that can be 
expanded to accommodate the growth of a patient using minimally invasive transcatheter balloon 
dilation procedures. By reducing the number of required open-heart surgeries, this proposed device 
would improve the patient’s life expectancy and quality of life while also reducing the overall cost of care 
(Kaza et al., 2009; Roger et al., 2011). 
In this dissertation, we focus on developing the process for creating architected 3D graphene 
networks via chemical vapor deposition (CVD) of graphene on hollow metallic microlattice templates 
generated using two-photon lithography. The formation of graphene around these metallic microlattices 
also effectively results in a composite lattice material, thus providing the opportunity to study graphene’s 
reinforcing capabilities. First, in Chapter 1, we gain insight into the design and mechanical behavior of 
composite lattice materials by deriving new analytical models for their Young’s modulus and strength and 
then validating these models through compression testing of polymer-core/metal-shell composite 
microlattices. Then, in ongoing work described in Chapter 2, these models are applied to the more 
complex case of hollow metallic lattices coated with graphene and compared to a preliminary set of 
experiments with nickel-boron-graphene (Ni-B-Gr) composite microlattices. 
To motivate the study of polymeric heart valves, Chapter 3 is a literature review of native heart valve 
biomechanics and current progress in the development of polymeric valve prostheses. Chapter 4 details 
our demonstration of the first proof of concept of a polymeric valved conduit that can be permanently 
expanded to accommodate patient growth using minimally invasive transcatheter balloon procedures. 
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Then, in ongoing work described in Chapter 5, we propose an improved 2nd-generation design that is 
capable of even greater expansions and present the results of preliminary mechanical testing, prototyping, 
and in vitro hydrodynamic testing. Finally, we conclude with a summary of the major contributions and 
propose potential directions for future research.  
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Chapter 1: Analyses and Experiments for the Young’s Modulus and 
Strength of Polymer-Metal Composite Microlattice Materials 
 
1.1 Introduction 
1.1.1 Cellular materials and lattice materials 
Lattice materials belong to a class of materials known as cellular materials, whose microstructures 
are characterized by an ordered arrangement of solid components and voids. These materials occur 
naturally in forms such as wood and bone, which have nano- and microscale architectures tailored to meet 
physical requirements such as strength and lightness (Gibson & Ashby, 1997). Recent advances in 
manufacturing now enable the controlled fabrication of structures with feature sizes down to the 
nanometer scale (J Bauer, Schroer, Schwaiger, & Kraft, 2016; D. Jang, Meza, Greer, & Greer, 2013; T. A. 
Schaedler et al., 2011; Tobias A. Schaedler & Carter, 2016; Sha, Jiani, Haoyu, Ritchie, & Jun, 2018; Shi, 
Li, Ngo-Dinh, Markmann, & Weissmüller, 2021; Snelling et al., 2015; Zheng et al., 2014). With these 
methods, one can design, or “architect,” synthetic cellular materials that approach the complexity and 
hierarchy found in biological materials. These architected materials are typically designed as lattices with 
a topographical periodicity that enables precise control of the materials’ physical properties, with many 
potential applications including lightweight aerospace structures, energy absorbers, battery electrodes, 
tissue engineering scaffolds, and photonic and phononic crystals (Montemayor, Chernow, & Greer, 
2015). 
The unit cell is the simplest representative component of a periodic lattice material, and it forms the 
larger material when it is translated and repeated along its three principal directions. Thus, the mechanical 
behavior of a unit cell is reflective of the behavior of the material as a whole. A unit cell structure can be 
broadly classified as either bending-dominated (non-rigid), where local deformation primarily occurs 
through bending of individual structural members, or stretching-dominated (rigid), where local 
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deformation primarily occurs by stretching or compression. In a lattice structure with pinned joints, a 
necessary but insufficient criterion for rigidity is Maxwell’s criterion, given for the 3D case as 
𝑏 − 3𝑗 + 6 ≥ 0, (1.1) 
where 𝑏 is the number of lattice struts in the unit cell, and 𝑗 is the number of joints, or nodes (Figure 1.1). 
The additional criterion to guarantee rigidity is that the number of states of self-stress and number of 
mechanisms are both zero (Deshpande, Ashby, & Fleck, 2001). If Maxwell’s criterion is not met, then the 
nodes must be fixed and pass moment in order for the structure to be self-supporting. 
Another determinant of rigidity is the structure’s nodal connectivity 𝑍, defined as the number of 
struts that are attached to each node. Generally, the higher the connectivity, the more rigid the structure. 
Rigid structures such as the octet truss have a connectivity of 𝑍 = 12 (Figure 1.1a,c), although the 
minimum required for rigidity in 3D is 𝑍 = 6 (Deshpande, Ashby, et al., 2001). In contrast, non-rigid 
structures such as stochastic foams have connectivities of 𝑍 = 3 to 4. The tetrakaidecahedron, which 




Figure 1.1. Unit cells of periodic lattice materials. Shown are unit cells of octet (a) and 
tetrakaidecahedron (b) topologies. The unit cells here have physical cylindrical struts with strut radii r and 
strut lengths L and whose properties are the focus of much of this chapter. The nodal connectivities are 
𝑍 = 12 for octet lattices (c) and 𝑍 = 4 for tetrakaidecahedron lattices (d). 
 
1.1.2 Lattices as continuum materials 
When the length scale of loading on a structure is much greater than the length scale of its unit cell, 
the mechanical response of the structure can be estimated by treating the structure as a continuum 
material rather than solving for discrete components as in a frame analysis (Fleck, Deshpande, & Ashby, 
2010). Note that deformation cannot be defined in the lattice voids, so the actual deformation in the lattice 
is non-affine. However, in this continuum analysis, it is common to treat the lattices as having affine 
deformation. We can then define a Young’s modulus or stiffness of the lattice material 𝐸 that depends in 
part on 𝐸𝑠, which is the Young’s modulus of the solid bulk material from which the lattice material is 
made. Similarly, we can define 𝜎𝑦 as the yield strength of the lattice material and 𝜎𝑦𝑠 as the yield strength 
of the solid bulk material. The relative density ?̅? of the lattice material, whether homogeneous or a 
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composite, is generally defined as the ratio of the mass density of a unit cell of the lattice material 𝜌 to the 





(𝑙𝑎𝑡𝑡𝑖𝑐𝑒 𝑢𝑛𝑖𝑡 𝑐𝑒𝑙𝑙 𝑚𝑎𝑠𝑠) (𝑙𝑎𝑡𝑡𝑖𝑐𝑒 𝑢𝑛𝑖𝑡 𝑐𝑒𝑙𝑙 𝑣𝑜𝑙𝑢𝑚𝑒)⁄
(𝑏𝑢𝑙𝑘 𝑚𝑎𝑡𝑒𝑟𝑖𝑎𝑙 𝑚𝑎𝑠𝑠) (𝑏𝑢𝑙𝑘 𝑚𝑎𝑡𝑒𝑟𝑖𝑎𝑙 𝑣𝑜𝑙𝑢𝑚𝑒)⁄
. (1.2) 








𝑣𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝑠𝑜𝑙𝑖𝑑𝑠 𝑖𝑛 𝑢𝑛𝑖𝑡 𝑐𝑒𝑙𝑙
𝑣𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝑠𝑜𝑙𝑖𝑑𝑠 𝑖𝑛 𝑢𝑛𝑖𝑡 𝑐𝑒𝑙𝑙 +  𝑣𝑜𝑙𝑢𝑚𝑒 𝑜𝑓 𝑣𝑜𝑖𝑑𝑠 𝑖𝑛 𝑢𝑛𝑖𝑡 𝑐𝑒𝑙𝑙
. (1.3) 
where 𝑉 is the solid volume and 𝑉𝑣𝑜𝑖𝑑 is the volume of the voids within a unit cell of the lattice, so that 
the porosity is obtained as 1 − ?̅?. As shown in Appendix A:, these two definitions of ?̅? provide the same 
result. 
From classical Euler-Bernoulli beam theory, it can be shown that ?̅? is a reliable predictor of the 
mechanical properties of a lattice material, and that increases in Young’s modulus and strength with ?̅? can 
be described by power-law relations (Gibson & Ashby, 1997): 
𝐸
𝐸𝑠




= 𝐷?̅?𝑚, (1.5) 
where 𝐶 and 𝐷 are constants of proportionality, and 𝑘 and 𝑚 are scaling exponents. 
The magnitude of the exponents depends largely on the topology of the structure. For an ideal 





∝ ?̅?, (1.6) 
where 𝑘 = 1. For ideal bending-dominated materials, the modulus scales as 
𝐸
𝐸𝑠
∝ ?̅?2, (1.7) 
where 𝑘 = 2. When the dominant failure mechanism is plastic yielding, the collapse strength scales 
linearly with relative density as 
𝜎𝑦
𝜎𝑦𝑠
∝ ?̅? (1.8) 
for stretching-dominated materials where 𝑚 = 1 and as 
𝜎𝑦
𝜎𝑦𝑠
∝ ?̅?3/2 (1.9) 
for bending-dominated materials where 𝑚 =  3 2⁄ . 
As the lattice members become slender (typically where ?̅? < 0.05) failure occurs primarily by elastic 
buckling. In these cases, the buckling collapse strength generally scales as 
𝜎𝑒𝑙
𝐸𝑠
∝ ?̅?2 (1.10) 
for both stretching- and bending-dominated materials. These relations enable one to map the available 
mechanical property space and make informed selections of topology and bulk material. 
 
1.1.3 Prior art of architected lattice materials 
The above scaling relationships have been probed through both analysis and experiment, 
encompassing a variety of architectures that have collectively spanned five orders of magnitude in length 
11 
 
scale (10-7 to 10-2 m) and four orders of magnitude in relative density (10-4 to over nearly 1.0) (Figure 
1.2).  
 
Figure 1.2. Examples of lattice materials in the prior art. Lattice-based cellular materials have been 
fabricated with unit cell length scales ranging from the order of 10-2 to 10-7 meters. Figures reprinted with 
permissions from John Wiley and Sons, Elsevier, The American Association for the Advancement of 
Science, and Springer Nature. 
 
The octet truss (Z = 12) is a classic example of a stretching-dominated topology (Figure 1.1a). 
Experimentally, solid strut octet truss lattice materials with unit cell parameters of ~10-4 m (Zheng et al., 
2014) and 10-2 m (Dong & Wadley, 2015) showed good agreement with Eqn. (1.6), having a nearly linear 
scaling of Young’s modulus across relative densities from 10-4 to 10-1. Strength data revealed a buckling 
to yielding transition between low relative density lattices with slender beams following Eqn. (1.10) and 
higher relative density lattices with thicker beams following Eqn. (1.8). The strength of lattices composed 
of hollow strut elements was slightly degraded (i.e. the scaling exponents in Eqns. (1.8) and (1.10) were 
increased). This was due to the introduction of shell buckling as an additional deformation mechanism 
within the struts and nodes (Zheng et al., 2014). Materials with bending-dominated topologies, such as the 
tetrakaidecahedron (Kelvin) cell (Zheng et al., 2014) (Figure 1.1b) and octahedron (with struts in the 
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basal plane removed) (T. A. Schaedler et al., 2011), have also shown good experimental agreement with 
Eqns. (1.7) and (1.9) at length scales from 10-4 to 10-3 m and relative densities from 10-4 to 10-1. 
At higher relative densities (?̅? > 10-1), strut stubbiness leads to significant deviations between lattice 
behavior and the predictions of classical beam theories. Meza et al. (2017) showed that beam models 
underestimated experimental values of Young’s modulus and strength in this regime, and experimentally 
derived scaling exponents also differed from Eqns. (1.6)-(1.9). 
Another limitation of Eqns. (1.6)-(1.10) is that they assume the mechanical properties of the bulk 
material (𝐸𝑠 and 𝜎𝑦𝑠) to be constant with varying ?̅? of the lattice. This assumption may not always be 
appropriate in the case of a multiphase, composite lattice material. If the volume of each phase in the 
composite is increased proportionally as ?̅? is increased, then the effective properties of the bulk composite 
(𝐸𝑐 and 𝜎𝑦𝑐) would remain constant. However, if ?̅? is increased by increasing the volume of only one 
phase and not the others, then the effective properties of the composite may change. In such a case, Eqns. 
(1.6)-(1.10) are no longer valid. Bauer et al. (2014) and Mieszala et al. (2017) showed experimentally that 
in core/shell composite configurations, where the core diameter is held constant and the shell thickness is 
varied, the corresponding progressions of lattice stiffness and strength do not strictly follow power-law 
relations. Therefore, a new analytical approach is needed to map the property space and guide the design 
of this new class of composite lattice materials. 
In this chapter, we experimentally measure the mechanical properties of two-phase core/shell 
composite lattice materials (i.e. heterogeneous lattices constructed from two different solid materials) and 
show how their mechanical properties may be divided into two regimes associated with the thickness of 
the shell layer: 1) a thin-shell regime where the addition of shell material dramatically improves the lattice 
properties according to a non-power-law scaling with respect to relative density and 2) a thick-shell 
regime where the shell material dominates the response and the scaling behavior recovers to the well-
known relations of Gibson & Ashby (1997) for homogeneous lattice materials. We then demonstrate how 
analytical models for the properties of single-phase homogeneous lattice materials (i.e. lattice materials 
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constructed from a single homogeneous solid material) can be extended to model this thin-shell regime 
for composite lattice materials. The principles behind our derivations can be applied to lattice materials 
with arbitrary topologies and strut cross-sections and any number of solid phases. We focus here on the 
Young’s moduli and compressive strengths of two-phase core/shell composite lattices with cylindrical 
struts and the octet-truss and tetrakaidecahedron topologies. The new models – that reduce to well-
established models for homogeneous lattices in the appropriate limits – are compared to the experimental 
data from composite microlattices, which were fabricated using two-photon lithography and electroless 
plating. 
 
1.2 Materials and methods 
We fabricated and mechanically tested four sets of microlattices representing four different 
combinations of topology and composition: 1) homogeneous polymer-only octets, 2) composite polymer-
metal octets, 3) homogeneous polymer-only tetrakaidecahedrons, and 4) composite polymer-metal 
tetrakaidecahedrons. 
 
1.2.1 Lattice design 
The polymer-only lattices represented the control group for this experiment. They were designed to 
have cylindrical struts with diameters ranging from 6 to 17 µm for the octet topology and 7.6 to 17.6 µm 
for the tetrakaidecahedron topology. Additionally, sets of 7 µm diameter octet lattices and 7.6 µm 
diameter tetrakaidecahedron lattices were plated with Ni-P shells ranging from 0.1 to 5 µm in nominal 
thickness to form composite lattices. 
The slenderness ratio of a cylindrical strut is given by 𝜆 = √𝐴𝐿2 𝐼⁄ = 2𝐿/𝑟, where 𝐴 is the cross-
sectional area of the strut, 𝐿 is the strut length, 𝐼 is the area moment of inertia, and 𝑟 is the strut radius 
(Meza et al., 2017). The polymer cores of the composite octet lattices were designed to have nominal 
radius 𝑟 = 3.5 µm and nominal length 𝐿 = 80 µm since this provides a slenderness ratio of 𝜆 = 45.7 
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(𝐿 𝑑⁄ = 11.4), which falls in an intermediate range of slenderness that meets both 1) the general criterion 
of 𝜆 ≥ 40 for stretching-dominated lattices where the bending stiffness contribution is negligible (Meza 
et al., 2017) and 2) the general criterion of 𝐿 𝑑⁄ < 12 (𝜆 < 48) to be regarded as short columns where 
failure is expected to occur through yielding and crushing rather than buckling. The nominal strut 
diameter (7.6 µm) and length (33.3 µm) of the tetrakaidecahedron polymer core were selected to match 
the nominal relative density of the octet polymer core (?̅? = 0.0465 for the octet and ?̅? =  0.0413 for the 
tetrakaidecahedron) to permit a comparison of the two topologies. 
 
1.2.2 Fabrication 
Octet and tetrakaidecahedron lattices were designed in CAD (SolidWorks 2016) according to the 
dimensions described for the polymer-only control group and the polymer cores of the composite lattices. 
Each octet lattice consisted of 5 x 5 x 5 octet unit cells, while each tetrakaidecahedron lattice consisted of 
6 x 6 x 6 tetrakaidecahedron unit cells. 
The CAD files were converted into Nanoscribe’s General Writing Language (GWL) format using the 
software Describe 2.4.8 (Nanoscribe GmbH). Details of the processing parameters are included in Table 
C.1. Polymer microlattices were then fabricated by two-photon lithography with direct laser writing 
(Nanoscribe Photonic Professional GT, Nanoscribe GmbH) using IP-S (Nanoscribe), a negative-tone 
acrylic-based photoresist. The lattices were fabricated on either smooth or rough substrates to examine the 
effects of defects at the lattice-substrate interface. The smooth substrates consisted of 500 µm thick Si 
wafers with 100 nm Ti and 100 nm Au deposited by electron beam evaporation to promote adhesion to 
the subsequent metal plating. The rough substrates consisted of either 1 mm thick, 99.9999% purity Cu 
chips (Alfa Aesar) or 1 mm thick, 99.2% purity Ti chips (Alfa Aesar). After completion of the writing 
process, the microlattices were developed in propylene glycol methyl ether acetate (PGMEA) for 40 
minutes, followed by a 2-minute rinsing dip in isopropyl alcohol. They were then blow-dried with 
nitrogen. There was no post-baking step. 
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To make composite lattices, the polymer lattice cores were coated with a nickel-phosphorous (Ni-P) 
alloy using a commercially available electroless plating process (OM Group, Cleveland, Ohio). Details of 
this process are contained in Appendix C:. The plating rate was ~150 nm/minute, and different Ni-P shell 
thicknesses ranging from 𝑡 = 0.10 µm to 5.0 µm were achieved by varying the amount of time that the 
lattices were immersed in the plating baths. After plating, the polymer-metal lattices were blow-dried with 
nitrogen. Ni-P shell thicknesses were verified by examining the strut cross-sections revealed after 
crushing of the lattices. 
 
1.2.3 Materials characterization 
Energy-dispersive X-ray spectroscopy (EDS) showed that the electroless deposited Ni-P contained 
approximately 7% phosphorus and 93% nickel by weight (Figure C.1). Nanoindentation tests (G200, 
KLA-Tencor) were performed on reference films of IP-S and Ni-P using a diamond Berkovich tip 
(MicroStar Tech). The IP-S films were 7 µm thick and formed on an Si substrate by two-photon 
lithography, using the same parameters as the lattice structures (Table C.1). The Ni-P film was 6 µm 
thick and deposited on the same type of Si/Ti/Au substrate as the lattice structures. Young’s modulus and 
hardness were obtained as a function of indentation depth using the continuous stiffness method (Hay, 
Agee, & Herbert, 2010), while substrate influence was accounted for using the Hay-Crawford model (Hay 
& Crawford, 2011). The mean values of Young’s modulus (E) and hardness (H) measured between 9.5-
10.5% of the film thicknesses were taken to be representative of the bulk materials.  
For Ni-P, we report ENiP = 154.50 ± 4.57 GPa and HNiP = 6.72 ± 0.21 GPa, which is consistent with 
values previously reported in the literature (S. Chang, Lee, Hsiao, & Chang, 2006; Lian et al., 2011; 
Sanderson, 2005; Schlesinger, 2011; B. R. Weil, Lee, Kim, & Parker, 1989) and by the manufacturer 
(OM Group). For IP-S, EIPS = 4.72 ± 0.63 and HIPS = 0.21 ± 0.04 GPa, which is also consistent with 
manufacturer data (Nanoscribe). The compressive and tensile yield strengths of the IP-S polymer were 
estimated as 𝜎𝑦,𝐼𝑃𝑆 = 𝐻 3⁄ = 0.07 ± 0.01 GPa (Tabor, 1970). The compressive yield strength of Ni-P 
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was similarly estimated as 𝜎𝑦,𝑁𝑖𝑃 = 𝐻 3⁄ = 2.24 ± 0.07 GPa. Since Ni-P is known to be a brittle material 
(Lian et al., 2011; R. Weil & Parker, 1990), this is also equivalent to its compressive ultimate strength 
(i.e. 𝜎𝑢𝑙𝑡,𝑁𝑖𝑃 = 𝜎𝑦,𝑁𝑖𝑃). The tensile strength of the 7% phosphorus Ni-P was estimated as 0.55 GPa 
(Graham, Lindsay, & Read, 1965). The mass densities of Ni-P and the solid IP-S polymer are 𝜌𝑁𝑖𝑃 ~ 8.7 
g/cm3 and 𝜌𝐼𝑃𝑆 ~ 1.2 g/cm
3 per manufacturer data (OM Group and Nanoscribe). The Poisson’s ratio for 
IP-S, an acrylic-based polymer, was estimated as 𝜈𝐼𝑃𝑆 = 0.33 based on the reported value for poly(methyl 
methacrylate) (PMMA) (H. Lu, Zhang, & Knauss, 1997), while 𝜈𝑁𝑖𝑃 = 0.3 (Lian et al., 2011). 
The root-mean-square (RMS) surface roughness of the rough Cu substrates was 473 nm as measured 
in a stylus profilometer (Dektak-XT, Bruker) with a 12.5 µm tip radius. The RMS surface roughness of 
the smooth Si/Ti/Au substrates was 3.02 nm as measured by atomic force microscopy (Dimension AFM, 
Bruker). 
 
1.2.4 Compression testing 
The lattices were subjected to uniaxial compressive loading using a nanoindenter (G200, KLA-
Tencor) with a 1 mm diameter stainless steel flat punch tip (MicroStar Tech). The specimens were loaded 
to failure at a strain rate of 10-3 s-1. Data was sampled at a rate of 5 Hz. Load and displacement data were 
converted to engineering stress and engineering strain using the cross-sectional area of the undeformed 
lattice and the height of the undeformed lattice, respectively. The Young’s modulus was calculated by 
taking the slope of the linear portion of the loading curve. The crushing strength was taken as the 
maximum stress in the lattice prior to failure. 
 
1.3 Theoretical background 
1.3.1 Octet and tetrakaidecahedron topologies 
The octet lattice is a rigid, stretching-dominated structure. Its unit cell (Figure 1.1a) consists of a 
central octahedral element surrounded by 8 tetrahedral elements, and it forms the larger lattice when 
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tessellated in a simple cubic arrangement. Alternatively, the octet lattice can also be formed by 
tessellating a single octahedral cell in a body-centered cubic (BCC) arrangement. Originally conceived by 
R. Buckminster Fuller for lightweight building construction (U.S. Patent No. 2,986,241, 1961), it has a 
high connectivity (Z = 12), and the truss-like arrangement of lattice struts enables loads to be carried 
primarily axially – either in tension or compression – within the struts (Deshpande, Fleck, & Ashby, 
2001). 
The tetrakaidecahedron lattice is a non-rigid, bending-dominated structure. Its unit cell (Figure 1.1b) 
consists of an octahedron whose vertices have been truncated, and it forms the larger lattice when 
tessellated in a BCC arrangement. It has a low connectivity (Z = 3), and deformation occurs primarily 
from bending of struts near the nodes. Tetrakaidecahedron lattices were proposed by William Thomson 
(Lord Kelvin) to be idealizations of closed-cell foams, where adjacent cells of equal volume are 
partitioned using the minimum required surface energy (Thomson, 1887; Weaire, 2008). Thus, they are 




Figure 1.3. Schematic cross-sections of a cylindrical strut with a two-phase core/shell composite 
configuration. (a) Shown in this undeformed cross section are the core radius 𝑟1, shell thickness 𝑡, outer 
radius 𝑟2, and radius 𝑎 to the mid-plane of the shell thickness. Also indicated for each phase are the 
Young’s modulus 𝐸𝑛, Poisson’s ratio 𝜈𝑛, and yield strength 𝜎𝑦𝑛 of the bulk constituent material, the 
cross-sectional area 𝐴𝑛, and the strain under loading 𝑛 (𝑛 = 1,2, . . . , 𝑁). (b) The cross section of a 
cylindrical strut deforms and ovalizes under bending so that the radius decreases by an amount 𝛿 (Karam 




1.3.2 Review of analytical models for homogeneous octet lattice materials 
For an octet lattice with cylindrical struts, the relative density can be estimated by a first order 
approximation 







where r is the strut radius and L is the strut length as shown in Figure 1.1a (Deshpande, Fleck, et al., 
2001). This formula is accurate only at low relative densities since it does not account for overlapping of 
struts at the nodes. The introduction of a nodal correction factor results in more accurate estimates at 
higher relative densities (Appendix A:): 












Deshpande et al. (2001) analyzed the properties of the octet-truss lattice under the assumption of 
slender struts with pinned joints, such that the contribution of strut bending to the overall stiffness was 
negligible. The Young’s modulus 𝐸 and yield strength 𝜎𝑦 of the octet truss lattice with cylindrical struts 





























It should be noted that Deshpande et al. also simplified the analysis by considering only the octahedral 
element within the octet cell and excluding the eight tetrahedral elements at the corners of the cell. 
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Johnston et al. (2006) later performed a full analysis and found that inclusion of the tetrahedral elements 
increased the Young’s modulus by only ~5%. 
 
1.3.3 Analytical models for composite octet lattice materials 
To extend Deshpande’s models to obtain the Young’s modulus 𝐸𝑐𝑜𝑚𝑝 and strength 𝜎𝑦,𝑐𝑜𝑚𝑝 for 
multiphase composite lattices, the bulk material properties 𝐸𝑠 and 𝜎𝑦𝑠 are replaced with the effective 
properties of the bulk composite material 𝐸𝑐 and 𝜎𝑦𝑐.  
 
1.3.3.1 Young’s modulus 
Traditional matrix-filler composites contain a great deal of variability in terms of phase geometry 
and interfacial conditions, and it is difficult to know the exact distribution of stresses and strains between 
the different phases. Hence, “exact” estimates for the effective properties of a composite often require 
assumptions about these parameters that may not be borne out in practice (Mura, 1987). Bounding 
theories are therefore useful since they allow one to define a range of expected values. The rule of 
mixtures is an approach to bounding the properties of a composite material using the volume weighted 
averages of the individual phase properties. For a given composite with 𝑁 number of phases, we define 
𝐸𝑛 as the Young’s modulus of the nth phase constituent material, 𝑉𝑛 as the volume of the nth phase, and 







such that 𝑓1 + 𝑓2 +⋯+ 𝑓𝑁 = 1. Then, the upper bound (Voigt model), which assumes an isostrain 
condition, and the lower bound (Reuss model), which assumes an isostress condition, are given as 
















It has been shown based on energy principles that these bounds represent the theoretically loosest possible 
bounds (Hill, 1963). Note that Eqn. (1.17) can be alternatively expressed as 
𝐸𝑐,𝑅𝑒𝑢𝑠𝑠 =
𝐸1𝐸2. . . 𝐸𝑁
𝑓1(𝐸2. . . 𝐸𝑁) + 𝑓2(𝐸1𝐸3. . . 𝐸𝑁) + 𝑓𝑁(𝐸1. . . 𝐸𝑁−1)
, (1.18) 
and in the case where one of the components is a void (i.e. 𝐸𝑁 → 0), then 𝐸𝑐,𝑅𝑒𝑢𝑠𝑠 will also go to zero. 































where 𝑟1 is the outer radius of the core and 𝑟𝑛 for 𝑛 = 2 to 𝑁 are the outer radii of the shell layers so that 
the shell thicknesses are given by 𝑡𝑛 = 𝑟𝑛 − 𝑟𝑛−1 as shown in Figure 1.3a.  
Substituting 𝐸𝑐,𝑉𝑜𝑖𝑔𝑡 from Eqn. (1.19) for 𝐸𝑠 in Eqn. (1.13) gives the generalized upper bound for the 





















where ?̅?𝑛/1 = 𝐸𝑛 𝐸1⁄ , ?̅?𝑛/1 = 𝑟𝑛 𝑟1⁄ , and 𝐿 is the strut length. Substituting 𝐸𝑐,𝑅𝑒𝑢𝑠𝑠 from Eqn. (1.20) for 𝐸𝑠 
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For the specific case of a two-phase composite lattice comprising a core and a single shell layer (𝑁 =












2 − 1)?̅?2/1] ≅
1
9
?̅?𝑣,1[1 + (?̅? ?̅?𝑣,1⁄ − 1)?̅?2/1]. (1.23) 
Notation-wise, ?̅? refers to the relative density of the composite lattice including both the core and shell 




𝑉1 + 𝑉2 + 𝑉𝑣𝑜𝑖𝑑
, 𝑛 = 1 𝑓𝑜𝑟 𝑡ℎ𝑒 𝑐𝑜𝑟𝑒 𝑎𝑛𝑑 2 𝑓𝑜𝑟 𝑡ℎ𝑒 𝑠ℎ𝑒𝑙𝑙 
(1.24) 
where 𝑉𝑛 is the volume of the nth solid phase and 𝑉𝑣𝑜𝑖𝑑 is the volume of voids. Note that ?̅?𝑣,𝑛 is not 
equivalent to the relative mass fraction of phase n (Appendix A:). 



















?̅?𝑣,1 [(?̅? ?̅?𝑣,1⁄ )
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Note that the terms preceding the square brackets in Eqns. (1.23) and (1.25) are equivalent to 
Deshpande’s original result in Eqn. (1.13) and represent the lattice Young’s modulus assuming the 
presence of only the core. Thus, the terms within the brackets represent the stiffness reinforcement factor 
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– the non-dimensional factor by which the composite lattice Young’s modulus is improved compared to 
the original core. In the absence of a distinct shell material (i.e. 𝑟2 = 𝑟1 or 𝐸2 = 𝐸1), the reinforcement 
factor reduces to 1 so that Eqns. (1.23) and (1.25) both reduce to Eqn. (1.13). 
Tighter bounds can be achieved by replacing 𝐸𝑐,𝑉𝑜𝑖𝑔𝑡 and 𝐸𝑐,𝑅𝑒𝑢𝑠𝑠 with the bounds derived by Hill 
(1964) for the Young’s moduli of transversely isotropic fiber-reinforced composite materials, where the 























   for 𝑚2 ≥ 𝑚1, 
(1.26) 
where 𝑓𝑛 is the volume fraction of the nth phase as previously defined in Eqn. (1.15), 𝑘𝑛 is the plane-
strain bulk modulus, 𝑚𝑛 is the transverse shear modulus, and 𝜈𝑛 is the Poisson’s ratio. 
 
1.3.3.2 Strength 
Assuming that the failure of the composite lattice is initiated by failure within the outermost shell 
layer, the effective lattice strength can be obtained by setting the strength of the composite strut material 
𝜎𝑦𝑐 as the volume weighted average stress in the composite when the outermost shell fails: 
𝜎𝑦𝑐 = 𝑓1𝜎1
′ + 𝑓2𝜎2
′ +⋯+ 𝑓𝑁𝜎𝑦𝑁, (1.27) 
where 𝜎𝑦𝑁 is the yield strength of the outermost shell material, and 𝜎𝑛
′ = 𝐸𝑛(𝜎𝑦𝑁 𝐸𝑁⁄ ) (i.e. the stress 
within the core and interior shell layers corresponding to the failure strain of the outermost shell material). 
Substituting 𝜎𝑦𝑐 from Eqn. (1.27) for 𝜎𝑦𝑠 in Eqn. (1.14) gives the generalized expression for the 
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However, one should consider that while the addition of a stiffer shell material around the core will 
increase the lattice stiffness, the addition of a stronger shell material around the core is not guaranteed to 
increase the lattice strength. If the shell has a lower failure strain than the core and perfect bonding is 
assumed, then the shell is likely to fail before the core, and the load in the shell would be transferred to 
the core. At very low shell thicknesses, the resulting load on the core may still not be sufficient to cause 
lattice failure. Therefore, the strength of the composite lattice in this regime is still governed by the lattice 
core. In order to increase the composite strength beyond the core strength, the shell thickness must exceed 
a value defined here as the minimum shell thickness, 𝑡𝑚𝑖𝑛. 
For the case of a two-phase core/shell composite octet lattice with shell thickness 𝑡, the expression 
for 𝑡𝑚𝑖𝑛 is obtained by setting the force at failure in the core equal to the force at shell failure in a 
composite strut: 
𝜎𝑦1𝐴1 = 𝜎′1𝐴1 + 𝜎𝑦2𝐴2, (1.29) 
where 𝐴1 and 𝐴2 are the cross-sectional areas of the core and shell, respectively, and 𝜎′1 is the stress in 
the core at shell failure, assuming 1 = 2. Thus, 𝑡𝑚𝑖𝑛 is calculated as 
𝑡𝑚𝑖𝑛 = 𝑟1 (√1 + ?̅?𝑦1/𝑦2 − ?̅?1/2 − 1). 
(1.30) 
The strength of the composite octet lattice can be appropriately described by a continuous piecewise 
function having two intervals partitioned by 𝑡𝑚𝑖𝑛. The lattice strength below 𝑡𝑚𝑖𝑛 is given by Eqn. (1.14). 
The lattice strength above 𝑡𝑚𝑖𝑛 is obtained by taking the generalized expression in Eqn. (1.28) and setting 





















2 − 1)?̅?2/1}] ≅
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?̅?𝑣,1[?̅?1/2𝜎𝑦2/𝑦1{1 + (?̅? ?̅?𝑣,1⁄ − 1)?̅?2/1}], 𝑡 ≥ 𝑡𝑚𝑖𝑛
. 
(1.31) 
Similar to the results for the lattice Young’s modulus, the terms preceding the square brackets are 
equivalent to Deshpande’s original result in Eqn. (1.14) and represent the strength of the lattice core. The 
terms within the brackets represent the strength reinforcement factor. In the absence of a distinct shell 
material (i.e. 𝑟2 = 𝑟1, ?̅? = ?̅?𝑣,1, 𝐸2 = 𝐸1, and 𝜎𝑦2 = 𝜎𝑦1), Eqn. (1.31) reduces to Deshpande’s original 
result in Eqn. (1.14). 
Another quantity pertinent to the design of the composite is the critical shell thickness 𝑡𝑐𝑟𝑖𝑡, which 
defines a volume-specific threshold for effective reinforcement of the lattice core. Below 𝑡𝑐𝑟𝑖𝑡, the 
composite lattice will not be as strong as a core-material-only lattice having equal relative density ?̅?, as 
defined in Eqns. (1.2)-(1.3); in this regime, increasing the lattice strength by adding core material is more 
effective on a volume-specific basis than adding shell material. Only above 𝑡𝑐𝑟𝑖𝑡 does the composite 
construction become advantageous on a volume-specific basis. The expression for 𝑡𝑐𝑟𝑖𝑡 is obtained by 
setting the force at failure in a core-material-only strut equal to the force at shell failure in a composite 
strut, where both struts have the same total cross-sectional area: 
𝜎𝑦1𝐴 = 𝜎𝑦2𝐴2 + 𝜎′1𝐴1, (1.32) 




− 1). (1.33) 
The minimum shell thickness and critical shell thickness are analogous to the minimum fiber volume 
fraction and critical fiber volume fraction for bulk fiber-matrix composites (Mallick, 2007). However, a 
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major difference is that fiber-matrix composites are fully solid materials, so the volume fractions of fiber 
and matrix material must sum to unity, while the volume fractions of core and shell material in a 
composite lattice are not similarly constrained. 
 
1.3.4 Review of analytical models for homogeneous tetrakaidecahedron lattice materials 
The tetrakaidecahedron (Z=4) has a bending-dominated topology. The first order approximation for 











where r is the strut radius and L is the strut length as shown in Figure 1.1b. Like Eqn. (1.11), this is an 
overestimation due to the overlapping of beams at the nodes. As described in Appendix A:, a higher-order 
















Zhu et al. (1997), Warren & Kraynik (1997), and Sullivan et al. (2008) derived the Young’s modulus 

















if the relatively small amount of deformation due to axial forces is excluded (Figure A.2). 
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Thus, for a bending-dominated regular tetrakaidecahedron lattice (Kelvin foam) with cylindrical 















Note that according to Zhu et al., this beam-theory-based solution is valid only for slender beams where 
the length to diameter ratio is greater than 3. 
Later, Sullivan et al. (2008) derived a general model for the strength of an anisotropic 
tetrakaidecahedron with elongated unit cells. Lattice failure was defined as the point when the tensile 














where S is the elastic section modulus of a strut. Thus, the yield strength of a tetrakaidecahedron lattice 
with cylindrical struts and section modulus 𝑆 =
𝜋𝑟3
4
















if the relatively small amount of stress due to axial forces is excluded (Figure A.3).  
 
1.3.5 Analytical models for composite tetrakaidecahedron lattice materials 
1.3.5.1 Young’s modulus 
In estimating the Young’s modulus 𝐸𝑐𝑜𝑚𝑝 of bending-dominated composite lattices, we are 
presented with two options: 1) replace 𝐸𝑠 in Eqn. (1.37) with the upper and lower bounds of 𝐸c from 
Eqns. (1.16) and (1.17) or 2) replace 𝐸𝑠𝐼 in Eqn. (1.37) with the effective flexural rigidity of the 
composite strut 𝐸𝐼̅̅ ̅: 
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𝐸𝐼̅̅ ̅ = 𝐸1𝐼1 + 𝐸2𝐼2 +⋯+ 𝐸𝑁𝐼𝑁, (1.41) 
where 𝐼𝑛 is the area moment of inertia of the nth phase (see Appendix A.4 for derivation). Which option 
to select depends on the distribution of solid phases in the composite. If the exact arrangement is known 
and 𝐼𝑛 can be calculated, such as with a laminar or core/shell composite, then Option #2 may yield more 
accurate results. However, if the distribution of phases is quasi-homogeneous or stochastic, or if 𝐼𝑛 cannot 
be calculated, then Option #1 may be used to define bounds for the effective stiffness of the lattice. 
For the present case of a core/shell composite, we proceed with Option #2. For a composite lattice 
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− 1} ?̅?2/1]. 
(1.44) 
Again, in the absence of a distinct shell material (i.e. 𝑟2 = 𝑟1 or 𝐸2 = 𝐸1), the reinforcement factor in the 
square brackets reduces to 1 and Eqn. (1.44) reduces to Zhu’s original result in Eqn. (1.38). 
 
1.3.5.2 Strength 
In the case of the core/shell composite with a cylindrical strut under bending, failure is most likely to 
initiate at the periphery of the outermost shell layer where tensile strain is the highest. Assuming that 
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failure does occur first in this outermost layer, the bending moment that initiates failure at its periphery 






Note that in the case of a homogeneous strut, Eqn. (1.45) reduces to 𝑀𝑦 = 𝑆𝜎𝑦𝑠. We obtain the composite 
lattice strength 𝜎𝑦,𝑐𝑜𝑚𝑝 by setting the moment that initiates failure 𝑀𝑦 (Eqn. (1.45)) equal to the moment 









where 𝑀𝑎𝑝𝑝𝑙𝑖𝑒𝑑 was derived by Sullivan et al. (2008). The resulting generalized expression for the 
strength of a composite tetrakaidecahedron lattice having a cylindrical core/shell configuration with 𝑁 
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For the case of a two-phase core/shell composite tetrakaidecahedron lattice, 𝑡𝑚𝑖𝑛 is obtained by 
setting the moment at failure in the core equal to the moment that causes failure in the shell at the 






(𝐸1𝐼1 + 𝐸2𝐼2). 
(1.48) 
Thus, 𝑡𝑚𝑖𝑛 is calculated as 






The lattice strength below 𝑡𝑚𝑖𝑛 is given by Eqn. (1.40). The lattice strength above 𝑡𝑚𝑖𝑛 is obtained by 











































− 1) ?̅?2/1}] , 𝑡 ≥ 𝑡𝑚𝑖𝑛
. 
(1.50) 
Again, in the absence of a distinct shell material (i.e. 𝑟2 = 𝑟1, 𝐸2 = 𝐸1, and 𝜎𝑦2 = 𝜎𝑦1), the reinforcement 
factor reduces to 1 and Eqn. (1.50) reduces to the original result of Sullivan et al. in Eqn. (1.40). 
The expression for 𝑡𝑐𝑟𝑖𝑡 is obtained by setting the moment at failure in a core-material-only strut 







(𝐸1𝐼1 + 𝐸2𝐼2). 
(1.51) 








1.3.6 Alternate forms of the analytical models for composite lattice materials 
These newly developed models for the Young’s modulus and strength of composite lattice materials 
may be expressed in various alternate forms depending on the quantities of interest, and a few examples 
of these alternate forms are given in Appendix B:. For instance, to gain intuition about designing a 
composite lattice using relatively thin shells, the equations can be rewritten in terms of shell thickness 𝑡 to 
obtain thin shell approximations (Eqns. (B.3), (B.4), (B.12), (B.17), and (B.22)). To compare the 
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advantages of using a composite construction (i.e. adding a new shell material to thicken the struts of the 
lattice core) vs. reinforcing the core by adding more of the same existing material, the equations can be 
rewritten in terms of stiffness and strength composite factors (Eqns. (B.5), (B.6), (B.13), (B.18), and 
(B.23)). As a final example, the effective lattice properties may be normalized by the properties of the 
shell material (𝐸2 and 𝜎𝑦2), rather than the properties of the core material (𝐸1 and 𝜎𝑦1). In this form, one 
can take the limits of 𝐸1 → 0 and 𝜎𝑦1 → 0 to obtain the Young’s moduli and strengths of hollow lattices, 
in the absence of shell buckling (Eqns. (B.9), (B.10), (B.15), (B.20), and (B.25)). As shown by Valdevit 
et al. (2013), these beam-theory-based analytical models likely overestimate the stiffnesses and strengths 
of hollow lattices since they do not account for local deformations and increased compliance at the hollow 
nodes. However, they may still serve to illustrate the general scaling behavior. 
 
1.3.7 Review of analytical models for buckling of composite cylinders 
While an in-depth study of local strut buckling and global lattice buckling is beyond the scope of this 
work, a brief analysis of buckling in core/shell composite cylinders can provide further insight into the 
influence of the composite construction on lattice failure mechanisms. Following the work of Karam & 
Gibson (1995) on thin cylindrical shells supported by compliant cores, the axisymmetric critical buckling 
load (the minimum load that will induce buckling under axial loading) is given by 






























(3 − 𝜈1)(1 + 𝜈2)
(𝜆𝑐𝑟 𝑡⁄ )(𝑎 𝑡⁄ ), 
(1.55) 
and 𝜆𝑐𝑟 is the critical buckling wavelength parameter corresponding to the critical buckling stress. In 
general, the buckling wavelength parameter is given by 𝜆 = 𝑙 (𝑚𝜋)⁄ , where 𝑙 is the length of the shell, 𝑚 
is the longitudinal wave number corresponding to the buckling mode, and 𝑙 𝑚⁄  is the buckling half-
wavelength. The value of 𝜆𝑐𝑟 is obtained by minimizing 𝜎𝑐𝑟 in Eqn. (1.54) for a given set of Young’s 
moduli 𝐸1 and 𝐸2, Poisson’s ratios 𝜈1 and 𝜈2, 𝑎, and 𝑡. 




































(1 + 𝜈1)(1 − 2𝜈1)






The ovalization  of the cylinder represents the deformation of a circular cross-section under bending and 
is defined as = 𝛿 𝑎⁄ , where 𝛿 is the decrease in the radius (Figure 1.3b). The degree of ovalization at 
which local buckling occurs 𝑙𝑏 is obtained by solving 
𝑙𝑏
1 2⁄ (1 − 𝑙𝑏)
√1 − 𝜈2




















A total of 80 lattices were fabricated. The relative densities of the polymer-only lattices ranged from 
?̅? = 0.0346 – 0.147 for the octet geometry and from ?̅? = 0.0413 – 0.119 for the tetrakaidecahedron 
geometry. The composite lattices had polymer lattice cores (?̅? =0.0465 for the octet core and ?̅? = 0.0413 
for the tetrakaidecahedron core) plated with Ni-P shells of varying thicknesses octet so that their total 
relative densities ranged from ?̅? = 0.0490 – 0.235 for the octet composites and ?̅? = 0.0434 – 0.187 for the 
tetrakaidecahedron composites. Figure 1.4 shows the progression from CAD model to printed polymer 
core and then finally, the Ni-P coated composite. Table C.2 and Table C.3 contain lists of all lattices 
with nominal strut dimensions, shell thicknesses, and relative densities. 
Post-mortem analyses of crushed lattices showed that the Ni-P shells were conformal and generally 
matched the expected thicknesses calculated from the plating rate and immersion times in the plating 
bath, although for thicker shells (𝑡 > 1.0 µm), there was some decrease in thickness moving from the 
exterior of the lattices towards the interior (Figure 1.5a). The actual printed dimensions of the polymer 
lattice cores tended to vary from the prescribed nominal dimensions. Horizontal struts, in particular, were 
printed with elongated, elliptical cross-sections (Figure 1.5b).  
The lattices on smooth substrates contained no defects at the substrate interface (Figure 1.6a). In 
contrast, the lattices on rough substrates had numerous missing or defective struts throughout the bottom 
half-unit-cell-thick layer (Figure 1.6b) – it was apparent during the two-photon lithography fabrication 
process that the substrates’ high surface roughness created interference at the surface and prevented 






Figure 1.4. Fabrication of polymer-metal composite microlattices. (a,e) Unit cells representing the 
octet (a) and tetrakaidecahedron (e) topologies used in this study. (b,f) As-printed polymer-only lattices. 
(c,g) Composite lattices with polymer core and Ni-P shell. (d,h) SEM images of the lattices showing 




Figure 1.5. Imperfections in fabricated microlattices. (a) Post-mortem SEM image of a 7 µm nominal 
diameter octet lattice with 5 µm nominal Ni-P shell thickness showing variations in thickness of the Ni-P 
towards the interior of the lattice. (b) Post-mortem SEM image of a 7 µm nominal diameter octet lattice 





Figure 1.6. Comparison of microlattices fabricated on smooth and rough substrates. (a) Microlattice 
on a smooth substrate with no defects at the substrate surface. (b) Microlattice on a rough substrate with 
defects (e.g. missing portions of struts) due to interference at the substrate surface during fabrication by 
two-photon lithography with direct laser writing. 
 
1.4.2 Stress-strain behavior and failure mechanisms 
Figure 1.7 shows the progression of stress-strain behavior for the octet and tetrakaidecahedron 
lattices as the Ni-P shell thickness was increased. All curves show an initial toe region associated with 
misalignment between the top surface of the lattice and the flat punch indenter tip, followed by a linear 
elastic regime, yielding, and then failure. Only the tetrakaidecahedron lattices that were polymer-only or 
thin-shelled exhibited ductile failure, while all other lattice configurations, including all the octet lattices, 
failed catastrophically after initial yielding. Several of the stress-strain curves show kinks at ~2 MPa, 
which were due to the nanoindentation instrumentation. Upon reaching a load of ~600 mN, the G200 
nanoindenter transitions from a standard loading mechanism to a separate high load mechanism. This 
transition requires a finite amount of time, during which the load is held constant – since the microlattices 
were comprised of a viscoelastic polymer material, the constant stress continued to cause deformation and 
created horizontal kinks in the stress-strain curves. 
Polymer-only and thin-shelled octet lattices on rough substrates exhibited strain bursts that disrupted 
the elastic loading regime. However, with increasingly thick Ni-P shells, these strain bursts no longer 
occurred. SEM images of a partially crushed lattice (Figure 1.8), taken after a strain burst but before total 
failure, show that deformation was confined to the defective half-unit-cell-thick layer at the bottom, while 
35 
 
the remainder of the lattice above this layer remained intact. The collapsed half-unit-cell layer accounted 
for 1/10 of the total lattice height, consistent with the 0.06 strain burst observed in the stress-strain curves 
(Figure 1.7c) and suggests that these strain bursts were indeed due to the collapse of the defective bottom 
layer. 
Failure mechanisms varied depending on topology and Ni-P shell thickness. Post-mortem SEM 
images of polymer-only and thin-shelled (𝑡 ≤ 0.35 µm) octet lattices show brittle fracture at the nodes, 
along with some struts which had fractured at their mid-length, indicating an additional buckling 
mechanism (Figure 1.9a). With increasing Ni-P thickness, failure occurred mainly through brittle fracture 
at the nodes (Figure 1.9b). For the tetrakaidecahedron topology, polymer-only and thin-shelled lattices 
(𝑡 ≤ 0.35 µm) failed in a ductile manner by bending and yielding at the nodes, with visible necking of the 
polymer core and tearing of the Ni-P shell (Figure 1.9c). However, with thicker shells, these lattices also 
failed primarily by fracturing at the nodes (Figure 1.9d). Debonding between the core and shell was 
evident (Figure 1.10), but it is unclear whether the debonding was initiated prior to or as a result of lattice 
failure. 
 
1.4.3 Buckling analysis  
A buckling analysis was performed for a composite cylinder in the case of axial compression. 
Assuming a constant radius of 𝑎 = 3.5 µm and a varying shell thickness 𝑡, the parameter 𝜆𝑐𝑟 𝑡⁄  was 
calculated and plotted against the radius to shell thickness ratio 𝑎 𝑡⁄ . Figure 1.11a-b shows that for a 
given value of 𝐸1 𝐸2⁄ , increasing the shell thickness (i.e. decreasing 𝑎 𝑡⁄ ) will decrease 𝜆𝑐𝑟 𝑡⁄ , which 
corresponds to an increase in the critical buckling load 𝑃𝑐𝑟. This result is consistent with the SEM images 
in Figure 1.9 which show buckled struts in polymer-only and thin-shelled octet lattices, but not in octet 
lattices with thicker shells. Figure 1.11a-b also shows that for a given value of 𝑎 𝑡⁄ , increasing the 
stiffness of the core in a composite cylinder (i.e. increasing 𝐸1 𝐸2⁄ ) decreases the buckling wavelength 
parameter, which corresponds to an increase in 𝑃𝑐𝑟. For small values of 𝑎 𝑡⁄ , the plots for the composite 
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cylinders converge to the results for a hollow shell. This indicates that the core no longer contributes to 
the buckling resistance of the composite cylinders and that the relatively thick shell is dominating the 
response in a manner similar to a hollow cylinder. 
Similar trends were observed for the buckling of a composite cylinder under pure bending 
deformation, with 𝑎 = 3.9 µm. Figure 1.11c-d shows that for a given value of 𝐸1 𝐸2⁄ , decreasing 𝑎 𝑡⁄  
increases the ovalization prior to local buckling 𝑙𝑏, which corresponds to an increase in the critical 
moment for local buckling 𝑀𝑙𝑏. For a given value of 𝑎 𝑡⁄ , increasing the ratio 𝐸1 𝐸2⁄  also corresponds to 
an increase in 𝑀𝑙𝑏. For small 𝑎 𝑡⁄ , the plots for the composite cylinders again converge to that of the 
hollow shell. 
 
Figure 1.7. Typical stress-strain curves for polymer-only and composite lattices. (a) Octet lattices on 
smooth Si/Ti/Au substrates. (b) Tetrakaidecahedron lattices on smooth Si/Ti/Au substrates. Inset shows 
ductile failure of a polymer-only lattice (t = 0) and a thin-shelled lattice (t = 0.1). (c) Octet lattices on 
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rough Cu or Ti substrates. Note the strain burst of the polymer-only octet microlattice on rough substrate. 
The composite microlattices did not exhibit similar strain bursts. (d) Tetrakaidecahedron lattices on a 
rough Cu or Ti substrates. Inset shows ductile failure of a polymer-only lattice (t = 0) and densification 
beginning at ~0.6 strain. 
 
 
Figure 1.8. Partial collapse of microlattice due to defects in bottom layer. SEM image of octet lattice 
on a rough substrate, taken after partial compression in a nanoindenter, showing that collapse initiated in 
the bottom half-unit-cell-thick layer which was weakened due to defects from the fabrication process. 




Figure 1.9. Failure mechanisms in microlattices under compression. (a-b) Post-mortem SEM image 
of octet lattices with (a) 0.15 µm Ni-P shell showing buckled struts and failure at nodes and (b) 5 µm Ni-
P shell where the buckling mechanism was suppressed and failure occurred through brittle fracture of the 
Ni-P at the nodes. (c-d) Tetrakaidecahedron lattices with (c) 0.35 µm Ni-P shell showing ductile failure 
by bending at the nodes and necking of the polymer core and (d) 2.5 µm Ni-P shell with failure by 





Figure 1.10. Debonding between core and shell. (a) SEM image of composite octet lattice taken after 
compression failure showing clean pull-out of polymer strut from the Ni-P shell. (b) A gap is visible 





Figure 1.11. Buckling analyses for composite cylinders. (a-b) Buckling under axial compression: 
critical buckling wavelength parameter to thickness ratio (𝜆𝑐𝑟 𝑡⁄ ) plotted against the radius to thickness 
ratio (𝑎 𝑡⁄ ) (a) and corresponding critical buckling load (b) for various ratios of core Young’s modulus to 
shell Young’s modulus (𝐸1 𝐸2⁄ ). (c-d) Buckling in pure bending: Ovalization at local buckling ( 𝑙𝑏) 
plotted against 𝑎 𝑡⁄  (a) and corresponding critical buckling moment (b) for various ratios of 𝐸1 𝐸2⁄ . (a-d) 
The solid black lines represent the behavior of a hollow shell at the limit where the core Young’s modulus 
𝐸1 → 0. The theoretical values for an IP-S core with three Ni-P shell thicknesses 𝑡 = 0.10, 0.35, and 1.0 
µm are also shown on the plot. 
 
1.4.4 Relative Young’s modulus and relative strength 
Figure 1.12 shows the progression of the relative Young’s moduli and relative strengths of the 
fabricated polymer-only and composite lattices with increasing relative density and shell thickness. In 
each of these plots, we can identify three distinct regimes: 1) a regime of homogeneous, polymer-only 
lattices whose properties follow power-law scaling as predicted by Eqns. (1.6)-(1.9), 2) a thin-shell 
regime that captures the sharp increases in Young’s modulus and strength as thin Ni-P shells (0.10 ≤ 𝑡 ≤ 
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0.35 µm) are added to the polymer cores, and 3) a thick-shell regime of composite lattices (𝑡 > 0.35 µm) 
where the measured properties follow power-law scaling similar to the homogeneous lattices. Eqn. 
(1.4)(1.4) and Eqn. (1.5) were fit to the data from the homogeneous, polymer-only regime and from the 
thick-shell composite regime. The fitted proportionality constants 𝐶 and 𝐷 and scaling exponents 𝑘 and 𝑚 
are provided in Table 1.1 along with their 95% confidence intervals. The demarcation between the thin-
shell and thick-shell regimes are discussed further in Section 1.4.5.2. 
 
1.4.4.1 Relative Young’s modulus – experiments 
The Young’s moduli of the defect-free polymer-only lattices on smooth substrates followed a nearly 
linear scaling for the octet geometry (𝑘 = 1.11), as predicted by Eqn. (1.6), and scaled with an exponent of 
nearly 2 for the tetrakaidecahedrons (𝑘 = 1.93), as predicted by Eqn. (1.7). The Young’s moduli of the 
composite lattices showed a dramatic rise in the thin-shell regime with the addition of 0.10-0.35 µm Ni-P 
shell layers. With thicker shells, the Young’s moduli scaled nearly linearly for the octet composites (𝑘 = 
1.21) and with a scaling exponent of nearly 2 for the tetrakaidecahedron composites (𝑘 = 2.03), similar to 
the power-law scaling of homogeneous stretching- and bending-dominated lattices. 
 
1.4.4.2 Relative strength – experiments 
The strengths of the defect free polymer-only lattices scaled with exponents of 𝑚 = 1.34 for the octet 
lattices and nearly 1.5 (𝑚 = 1.70), as predicted by Eqn. (1.9), for the tetrakaidecahedron lattices. Similar 
to the Young’s moduli, the strengths of the composite octet and tetrakaidecahedron lattices both showed a 
dramatic increase in the thin-shell regime. With thicker shells, the strengths scaled with exponents of 𝑚 = 
0.84 for the octet composites and nearly 1.5 (𝑚 = 1.62) for the tetrakaidecahedron composites. Note that 
the scaling behavior of the octet lattices, in both the polymer-only samples and the thick-shelled 






Figure 1.12. Experimental data for relative Young’s modulus and relative strength. Shown are plots 
of the experimentally measured relative Young’s moduli – the ratio of the Young’s moduli of the 
composite lattice to the polymer lattice core – and relative strengths for the octet (a,c) and 













Topology Fitted model/data 
𝐶 
(± 95% CL) 
𝑘 
(± 95% CL) 
𝐷 
(± 95% CL) 
𝑚 
(± 95% CL) 
Octet Deshpande et al. (2001) 0.15 1.07 0.45 1.07 
 Polymer-only on Si/Ti/Au 0.15 ± 0.04 0.99 ± 0.09 1.18 ± 0.15 1.34 ± 0.06 
 
Composite, high 𝑡, power-law 
scaling regime 




Zhu et al. (1997) 1.20 2.16 -- -- 
 Sullivan et al. (2008) w/ 
correction factor 
-- -- 1.59 1.62 
 Polymer-only on Si/Ti/Au 1.06 ± 0.51 1.93 ± 0.21 1.93 ± 0.24 1.70 ± 0.06 
 Composite, high 𝑡, power-law 
scaling regime 
6.39 ± 2.31 2.05 ± 0.19 3.75 ± 1.36 1.62 ± 0.18 
Table 1.1. Fitted proportionality constants and scaling exponents for analytical models and 
experimental data. Confidence intervals are provided for the experimental data. 
 
1.4.5 Comparison of experimental data to analytical models 
Figure 1.13 shows plots of the original analytical models for homogeneous lattices and the newly 
derived models for composite lattices, overlaid with the experimental data from Figure 1.12. 
 
1.4.5.1 Comparison of polymer-only lattice experiments to homogeneous models 
As shown in Figure 1.13a,b the original models for the Young’s moduli of octet (Eqn. (1.13), 
Deshpande et al. (2001)) and tetrakaidecahedron lattices (Eqn. (1.40), Zhu et al. (1997)) showed 
reasonable agreement with our experimental data for polymer-only lattices. These models were also fit to 
Eqn. (1.4), and the resulting parameters are given in Table 1.1 along with the corresponding experimental 
parameters. Note that the scaling exponents for the original models (𝑘 = 1.06 for the octet and 𝑘 = 2.16 
for the tetrakaidecahedron) were slightly higher than the exponents proposed by Ashby in Eqn. (1.6) and 
Eqn. (1.7) (𝑘 = 1 for the octet and 𝑘 = 2 for the tetrakaidecahedron). This is because Ashby’s relations 
rely on a first order approximation of lattice relative density which does not account for the overlapping 
of struts at the nodes, while all the data presented in this work included nodal correction factors 
(Appendix A.2) that provide more accurate calculations of relative density. 
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As shown in Figure 1.13c,d the models for the strengths of homogeneous octet and 
tetrakaidecahedron lattices showed reasonable agreement with the data as well, though not without 
exception. The octet strength model (Eqn. (1.14), Deshpande et al. (2001))(Deshpande, Fleck, et al., 
2001) and data were in close agreement up to a strut diameter of 8 µm (corresponding to relative density 
?̅? = 0.0598). Beyond this point, the model underpredicted the experiments by a factor of ~2/3. For the 
strength of homogeneous tetrakaidecahedron lattices, the original analytical model (Eqn. (1.42), Sullivan 
et al. (2008)) underpredicted the experimental results by a factor of ~1/5. In order to provide a basis for 
the development of the composite tetrakaidecahedron model, it was necessary to align the model with the 













Fitting this equation to the polymer-only tetrakaidecahedron data yielded a correction factor of 𝛼 = 5.24 ± 
0.14 (95% CL). This correction factor was included in the analytical composite model in Figure 1.12d. 
Overall, the models for homogeneous lattices were in reasonable agreement with our experimental data 
from polymer-only lattices, giving us confidence in comparing the composite lattice models and 
experiments. 
 
1.4.5.2 Comparison of composite lattice experiments to composite models 
The proposed composite models showed good agreement with the experimental data until reaching a 
certain shell thickness (𝑡 ≤ 0.35 µm), beyond which the models and experiments diverged – the 
composite lattice experiments transitioned to power-law scaling resembling that of homogeneous lattices, 
while the models predicted further increases following non-power-law scaling before eventually 
transitioning to a similar homogeneous-like power-law scaling (Table 1.1). Composite lattices with 𝑡 ≤ 
0.35 µm (𝑡/𝑟1 ≤ 0.1) were considered to be in the thin-shell regime, while lattices with 𝑡 > 0.35 µm 
(𝑡/𝑟1 > 0.1) were considered to be in the thick-shell regime. 
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Notably, in Figure 1.13a, the composite octet moduli in the thin-shell regime closely follow the 
predicted Voigt upper bound and the Hill bounds (the two Hill bounds are so tight that they lie nearly on 
top of each other). In the thick-shell regime, the experimental moduli diverge from the Voigt bound and 
both Hill bounds, and they eventually exit the Reuss lower bound. 
 
1.4.5.3 Minimum and critical shell thicknesses 
For the composite octet lattices, the calculated minimum and critical shell thicknesses were 𝑡𝑚𝑖𝑛 = 
0.00136 µm and 𝑡𝑐𝑟𝑖𝑡 = 0.00141 µm, which are much lower than the fabricated shell thicknesses. This is 
consistent with the experimental observations that 1) all composite octet lattices were stronger than the 
polymer core since (as expected when 𝑡 > 𝑡𝑚𝑖𝑛) and 2) all composite octet lattices were also stronger 
than polymer lattices of equivalent strut diameters and relative densities (as expected when 𝑡 > 𝑡𝑐𝑟𝑖𝑡). For 
the composite tetrakaidecahedron lattices, 𝑡𝑚𝑖𝑛 = 0.091 µm and 𝑡𝑐𝑟𝑖𝑡 = 0.104 µm. Thus, a composite 
tetrakaidecahedron lattice with 𝑡 = 0.100 µm on a 7.8 µm strut diameter polymer core (total strut 
diameter = 8.0 µm) would theoretically be expected to have a strength greater than the polymer core 
(0.652 MPa analytically) since 𝑡 > 𝑡𝑚𝑖𝑛, but lower than a polymer-only lattice with equivalent 8.0 µm 
strut diameters (0.704 MPa analytically) since 𝑡 < 𝑡𝑐𝑟𝑖𝑡. The experimental strengths for 𝑡 = 0.100 µm 
(1.029 MPa on a smooth substrate and 0.791 MPa on a rough substrate) were greater than the polymer 
core as expected, but counter to the theoretical predictions, they also exceeded the strength of the 8.0 µm 
polymer-only lattices. Still, these experimental strengths were in the vicinity of the analytical thresholds, 






Figure 1.13. Plots of relative modulus and relative strength. Shown are plots of the relative modulus – 
the ratio of the Young’s moduli of the composite lattice to the polymer lattice core – and relative strength 
for the octet (a,c) and tetrakaidecahedron (b,d) topologies. In (a), the dash-dot line at 𝜆 = 40 represents 
the slenderness limit above which the bending contribution to overall stiffness is generally negligible. In 
(b), the dash-dot line at 𝜆 = 48 represents the slenderness limit below which axially loaded members 
generally fail by yielding and crushing. In (a) and (c), the dash-dot line at 𝜆 = 20 represents the 
slenderness limit below which beams are generally considered to be short and where shear deformation 
must be considered in addition to bending and stretching. In (b) and (d), the dash-dot line at 𝜆 = 12 
represents the slenderness limit below which the analytical models are not considered valid. Note that the 
polymer-only analytical plots appear slightly nonlinear (on the log scale) at very high relative densities 
due to the non-power-law models for relative density in Eqns. (1.12) and (1.35). Confidence intervals 







1.4.6 Relative specific modulus and relative specific strength 
Figure 1.14 shows the relative specific properties of the composite lattices, defined as the specific 
moduli and specific strengths of composite lattices (𝐸𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄  and 𝜎𝑦,𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄ ) divided by the specific 
moduli and specific strengths, respectively, of polymer-only lattices (𝐸𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄  and 𝜎𝑦,𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄ ). The 
comparisons here were made between composite and polymer-only lattices that have either equal relative 
density ?̅? (i.e. a volume basis where the composite and polymer-only lattices have the same topology, 
total strut diameter, and strut length, so that ?̅?𝑐𝑜𝑚𝑝 = ?̅?𝑝𝑜𝑙𝑦 ) or equal mass density 𝜌 (i.e. a mass basis 
where 𝜌𝑐𝑜𝑚𝑝 = 𝜌𝑝𝑜𝑙𝑦; since Ni-P has a relatively high mass density, a polymer-only lattice would need 
thicker struts to match the mass density of a composite polymer-Ni-P lattice). This data provides a 
measure of the mechanical advantage of reinforcing the polymer core with a Ni-P shell. Since many of the 
fabricated composite lattices did not have direct polymer-only counterparts with equal relative density or 
mass density, we calculated the experimental relative specific properties by taking the experimental 
composite lattice properties and dividing them by a power-law fit of the experimental polymer-only 
lattice properties from Table 1.1. Calculations for the analytical results are described in Appendix B:. 
For the octet topology, the upper bounds from both the rule of mixtures and the Hashin-Shtrikman 
bounds predicted a sharp increase in relative specific modulus with increasing shell thickness, on both a 
volume and mass basis, followed by a steady plateau region. This trend was also observed for the octet 
relative specific strengths. For the tetrakaidecahedron, the models similarly predicted a sharp initial 
increase in relative specific modulus and relative specific strength on both a volume and mass basis, but 
then showed distinct peaks followed by steady declines. The peak modulus advantages for the 
tetrakaidecahedron occurred at Ni-P shell thicknesses of 𝑡 = 1.16 µm (?̅? = 0.0673) on a volume basis and 
at 𝑡 = 0.22 µm (𝜌 = 88.0 kg/m3) on a mass basis. The tetrakaidecahedron relative specific strength 
models predicted peak advantages at 𝑡 = 1.16 µm (?̅? = 0.0673) on a volume basis and at 𝑡 = 0.37 µm 
(𝜌 = 116 kg/m3) on a mass basis. However, there was not actually a predicted strength advantage for the 
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tetrakaidecahedron composites on a mass basis, as shown in Figure 1.14d where the entire plot is located 
below 1 on the ordinate. 
Experimentally, for both the octet and tetrakaidecahedron topologies, the relative specific properties 
were highest with thin Ni-P shells, and they degraded with increasing shell thickness. The octet and 
tetrakaidecahedron composite lattices with the thinnest shells showed a roughly 2x higher Young’s 
modulus compared to polymer-only lattices on a volume basis (Figure 1.14a) and on a mass basis 
(Figure 1.14b). As 𝑡 was increased, the octet composites continued to show a mechanical advantage 
(relative specific modulus > 1) for at least one of the tested samples up to 𝑡 = 2.5 µm (?̅? = 0.127 and 𝜌 = 
756 kg/m3) on both a volume and mass basis. The tetrakaidecahedron composites showed a mechanical 
advantage for shell thicknesses up to 𝑡 = 2.5 µm (?̅? = 0.104) on a volume basis, but only up to 𝑡 = 0.35 
µm (𝜌 = 113 kg/m3) on a mass basis.  
In terms of strength, the octet and tetrakaidecahedron composite lattices experimentally showed little 
or no mechanical advantage. For the octet lattices, a strength advantage was observed only for shell 
thicknesses up to 𝑡 = 0.35 µm (?̅? = 0.0557) on a volume basis (Figure 1.14c) but only for 𝑡 = 0.10 µm 
(𝜌 = 78.0 kg/m3) on a mass basis (Figure 1.14d). For the tetrakaidecahedron lattices, a strength 
advantage was observed for shell thicknesses up to 𝑡 = 0.35 µm (?̅? = 0.0486) on a volume basis but only 
for 𝑡 = 0.10 µm (𝜌 = 67.3 kg/m3) on a mass basis. These results are summarized in Table 1.2. Note that 
the deviations between the experimental relative specific properties and the analytical models (Figure 
1.14) were simply reflective of the deviations observed between the experimental relative properties and 





Figure 1.14. Plots of relative specific modulus and relative specific strength. (a-b) Relative specific 
modulus: the ratio of the specific modulus of the composite over the specific modulus of a polymer-only 
lattice of equal relative density (volume basis) (a) and equal mass density (mass basis) (b). (c-d) Relative 
specific strength: the ratio of the specific strength of the composite over the specific strength of a 
polymer-only lattice on a volume basis (c) and on a mass basis (d). (a-d) The vertical dashed lines 
represent the nominal shell thicknesses 𝑡 above which the experimentally observed relative specific 




  Range for shell thickness 𝑡 in experiments 
Composite lattice 
design criteria Definition Octet Tetrakaidecahedron 
Shell does not 
dominate modulus 
Regime where 𝐸𝑐𝑜𝑚𝑝 does not  
follow power-law scaling 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0490 ≤ ?̅? ≤ 0.0557) 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0434 ≤ ?̅? ≤ 0.0486) 
Modulus advantage, 
volume basis 
(𝐸𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄ ) (𝐸𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄ ) > 1⁄ , 
where ?̅?𝑐𝑜𝑚𝑝 = ?̅?𝑝𝑜𝑙𝑦 
0.10 ≤ 𝑡 ≤ 2.5 µm 
(0.0490 ≤ ?̅? ≤ 0.127) 
0.10 ≤ 𝑡 ≤ 2.5 µm 
(0.0434 ≤ ?̅? ≤ 0.104) 
Modulus advantage, 
mass basis 
(𝐸𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄ ) (𝐸𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄ ) > 1⁄ , 
where 𝜌𝑐𝑜𝑚𝑝 = 𝜌𝑝𝑜𝑙𝑦 
0.10 ≤ 𝑡 ≤ 2.5 µm 
(78.0 ≤ 𝜌 ≤ 756 kg/m3) 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(67.3 ≤ 𝜌 ≤ 113 kg/m3) 
Shell does not 
dominate strength 
Regime where 𝜎𝑐𝑜𝑚𝑝 does not 
follow power-law scaling 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0490 ≤ ?̅? ≤ 0.0557) 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0434 ≤ ?̅? ≤ 0.0486) 
Strength advantage, 
volume basis 
(𝜎𝑦,𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄ ) (𝜎𝑦,𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄ )⁄ > 1, 
where ?̅?𝑐𝑜𝑚𝑝 = ?̅?𝑝𝑜𝑙𝑦 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0490 ≤ ?̅? ≤ 0.0557) 
0.10 ≤ 𝑡 ≤ 0.35 µm 
(0.0434 ≤ ?̅? ≤ 0.0486) 
Strength advantage, 
mass basis 
(𝜎𝑦,𝑐𝑜𝑚𝑝 𝜌𝑐𝑜𝑚𝑝⁄ ) (𝜎𝑦,𝑝𝑜𝑙𝑦 𝜌𝑝𝑜𝑙𝑦⁄ ) > 1⁄ , 
where 𝜌𝑐𝑜𝑚𝑝 = 𝜌𝑝𝑜𝑙𝑦 
𝑡 = 0.10 µm 
(𝜌 = 78.0 kg/m3) 
𝑡 = 0.10 µm 
(𝜌 = 67.3 kg/m3) 
Table 1.2. Experimentally observed ranges for shell thickness 𝒕 that meet various design criteria for 
two-phase composite lattices with cylindrical struts comprising a core and a single shell layer. 
 
1.4.7 Effects of defects 
As shown in Figure 1.12 (with data listed in Appendix C:), the defective polymer-only lattices on 
rough substrates generally had lower Young’s moduli and strengths than corresponding defect-free 
lattices on smooth substrates. Although, the only statistically significant comparison was for the Young’s 
moduli of 7 µm diameter octet lattices: 27.6 ± 0.8 MPa with defects vs. 33.8 ± 2.7 MPa defect-free (p = 
0.02). Interestingly, for the composite lattices, there was no clear trend differentiating the properties of 
defective vs. defect-free samples. 
 
1.5 Discussion 
Architected lattice materials represent a new and emerging class of cellular materials with mechanical 
properties that can be tuned by adjusting several levels of hierarchy– including strut length, strut width, 
wall thickness of hollow struts, and grain size of constituent material – with feature sizes spanning from 
the centimeter to nanometer length scale (D. Jang et al., 2013; T. A. Schaedler et al., 2011). Further 
tunability can be achieved by adopting a multiphase, composite construction, which introduces additional 
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parameters such as the mechanical properties of the additional phases, their spatial configuration (e.g. as a 
dispersion of discrete particles or in a layered form), and their volume fractions. 
At the macroscale, common reinforcement strategies in modern structural framing systems include 
the use of steel rebar to enhance the strength and ductility of reinforced concrete (Allgood, 1959; Swihart, 
Allgood, & Shaw, 1959), as well as concrete filled steel tubes (CFST) (Han, Li, & Bjorhovde, 2014) 
where the concrete core prevents local buckling of the steel tube and the tube confines the concrete to 
increase its compressive strength. These technologies have revolutionized building construction by 
enabling larger and taller structures with simultaneous reductions in material usage and associated costs. 
There is now the opportunity to adopt these principles of composite construction at the microscale to 
create architected materials that are even stiffer, stronger, and lighter. 
The core/shell composite configuration comprises a homogeneous core material coated with one or 
more conformal layers of dissimilar materials. This configuration has been widely utilized at the 
macroscale in construction technology such as in CFST, and it is now being explored at the microscale to 
develop composite lattice materials. These composite lattices have been fabricated using thin film 
deposition techniques such as atomic layer deposition (Jens Bauer et al., 2014; Meza, Das, & Greer, 2014; 
Zheng et al., 2014), electrodeposition (Bele & Hibbard, 2013), and electroless plating (Mieszala et al., 
2017; T. A. Schaedler et al., 2011; Zheng et al., 2014), and it has been shown that the core and shell 
components have a symbiotic, mutually reinforcing relationship – the shell reinforces the core by 
providing increased axial and bending stiffness, while the core supports the shell by increasing resistance 
to local buckling (Jens Bauer et al., 2014; Bele, Bouwhuis, & Hibbard, 2009; Karam & Gibson, 1995a, 
1995b; Meza et al., 2015; Mieszala et al., 2017).  
Among these prior studies of core/shell composite lattices, Meza et al. (2015) showed that the 
Young’s modulus of polymer/ceramic lattices could scale linearly with relative density (𝑘 = 1), while the 
strength scaled as 𝑚 = 1.32. In that particular study, composite lattices with increasing relative densities 
were obtained by proportionally increasing the volumes of both the polymer core and ceramic shell. 
Mieszala et al. (2017) tested polymer/metal lattices where the volume of the polymer core was held 
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constant while the shell thickness was increased. They found that the lattice stiffness increased linearly 
with shell thickness, while the strength increase followed a power-law relationship. Bele et al. (2009, 
2011, 2013) proposed a model for the strength of core/shell composite microtruss materials with square 
strut sections, where the dominant failure mode was elastic buckling of the struts. However, there are not 
yet analytical models for the stiffness and strength of composite octet and tetrakaidecahedron lattices. 
Here, we have experimentally validated existing models for the properties of homogeneous octet and 
tetrakaidecahedron lattices and then extended these models to account for a two-phase core/shell 
composite configuration. The new models may be used to map the mechanical properties of composite 
lattice materials and assist in designing future generations of composite lattice materials. 
 
1.5.1 Fabrication 
To validate the new composite lattice models, microscale composite lattices were first fabricated by 
two-photon lithography and electroless plating. The fabrication processes introduced imperfections and 
deviations from the original designs, including variations in strut sizes and lattice shell thicknesses 
(Figure 1.5), which could have affected the measured mechanical properties. In particular, the reduction 
in shell thickness towards the interiors of the lattices likely contributed to some variability in their overall 
stiffness and strength and could account for some of the divergence between the models and experiment. 
This reduction in thickness arose from mass transport limitations. Due to the small sizes of the 
microlattices, they were attached to comparatively larger substrates (1 cm x 1 cm) for ease of handling. 
These substrates impeded circulation of the plating fluid, most notably to the interior of the bottom layer 
of each lattice. Larger lattice samples with overall dimensions on the centimeter length scale, which could 
be handled directly without the need for a substrate, would likely allow more uniform plating. These 
larger lattices could be the subject of future studies. 
 
1.5.2 Stress-strain behavior and failure mechanisms 
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The compression tests of the fabricated lattices showed that polymer-only and thin-shelled 
tetrakaidecahedron lattices failed in a ductile manner, while all other lattice configurations, including all 
the octet lattices, failed catastrophically. The ductile response of the polymer-only and thin-shelled 
tetrakaidecahedron lattices can be attributed to the non-rigidity of the lattice geometry, which contains 
collapse mechanisms that permit large bending deformations. With the addition of thin Ni-P shells, the 
polymer core was still able to sustain part of the load after failure of the shell and continue to collapse 
gradually. However, thicker Ni-P shells supported loads far above what the core itself could sustain, so 
that when the shell eventually failed, the core also failed immediately, resulting in a catastrophic collapse. 
While post-mortem SEM images showed buckled struts in polymer-only and thin-shelled octet lattices, it 
is evident that these buckling mechanisms were suppressed in thicker-shelled lattices, so that failure 
occurred by fracturing at the nodes. This transition in failure mechanisms is consistent with the results of 
the buckling analysis, which showed that increasing the thickness of the Ni-P shells would increase the 
buckling resistance of the composite struts both in axial compression and in bending. 
 
1.5.3 Relative Young’s modulus and relative strength 
The proposed composite models capture the experimental data well in the thin-shell regime, 
supporting the plausibility of the models. However, in the thick-shell regime, the models and 
experimental data diverge. Interestingly, the thick-shelled composite lattice data appear to follow power-
law scaling characteristic of homogeneous lattices, with similar scaling exponents but different 
proportional constants. The composite lattice models overpredict the data in the thick-shell regime, but 
they also asymptotically approach power-law scaling behavior as the shell becomes very thick and 
dominates the response. The divergence between models and experiments, along with the fact that the 
Young’s moduli eventually exit the theoretical lower bounds, indicates a breakdown in our modeling 
assumptions about the fabricated lattices. 
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This could be a breakdown in the isostrain assumption (i.e. perfect bonding between core and shell). 
Without the support of the core, such a delaminated shell could behave similar to a hollow lattice. This 
could explain both the homogeneous scaling behavior in the thick-shell regime and the order-of-
magnitude difference between the models and data. Note that this effect was observed in both the 
modulus and strength data, so debonding could have occurred even in the elastic regime prior to 
approaching lattice failure. This explanation is supported by post-mortem SEM images showing 
debonding between the core and shell (Figure 1.10), although it is difficult to find direct evidence of 
debonding prior to failure. Future work using finite element models of these composite lattice could yield 
further insights. 
Independent of debonding, there could be a breakdown in assumptions about the nodes. Beam-
theory-based models do not account for the nodes and assume that all deformation occurs within the 
struts. However, the nodes in an actual lattice have a finite size, and in lattices that have non-slender struts 
with large nodes, they may have a considerable impact (Meza et al., 2017; Portela et al., 2018). 
Additionally, the nodes in a hollow lattice experience additional deformation and stresses leading to 
increased compliance. In a study of hollow Ni-P microlattices, Valdevit et al. (2013) showed that a beam-
theory-based strength model overpredicted both the experiments and finite element models by an order of 
magnitude. This was true even for thick-shelled lattices that should be less susceptible to local shell 
buckling, suggesting that increased nodal compliance was the primary reason for the divergence. 
Although our thick-shelled composite lattices are not truly hollow, the results of Karam & Gibson 
(1995), Mieszala et al. (2017), and our own buckling analysis (Figure 1.11) showed that thick-shelled 
composite cylinders could still behave as hollow shells if the core material was relatively compliant. With 
such “hollow-like” compliant nodes, it could be expected that thick-shelled composite lattices would not 
achieve their analytically predicted stiffness and strengths. Finite element models would be very useful to 




For the polymer-only octet lattices, the fitted strength scaling exponent 𝑚 = 1.34 was significantly 
higher than the exponent 𝑚 = 1.06 predicted by Eqn. (1.8) for stretching-dominated failure, and it 
approached the 𝑛 = 1.5 scaling predicted by Eqn. (1.9) for failure in bending. This result is consistent with 
prior observations of octet lattices with strength scaling exponents ranging from 𝑚 = 1.1 to 1.9 (Meza et 
al., 2017; Zheng et al., 2014). These higher exponents imply that the failure mechanisms in the octet 
lattices are not limited to axial yielding of the struts but also include a bending contribution. 
This potential bending contribution could also explain the lower-than-predicted octet composite 
strengths, since bending of the struts might induce tensile stresses. Electroless-deposited Ni-P is known to 
be a brittle material (Lian et al., 2011) and therefore much weaker in tension than in compression 
(𝜎𝑦,𝑁𝑖𝑃 ~ 0.55 GPa in tension vs. 𝜎𝑦,𝑁𝑖𝑃 = 2.24 ± 0.09 GPa in compression). While the proposed model 
in Eqn. (1.50) assumes failure in axial compression, any bending of the composite struts would create 
regions of tensile stress, potentially causing early rupture of the Ni-P shell and drastically reducing the 
overall strength of the lattice. 
It appears that the current models for the strength of a homogeneous tetrakaidecahedron do not 
provide an adequate understanding of the experiments. The analytical model from Sullivan et al. (2008) 
(Eqn. (1.40)) underpredicted our experimental polymer-only lattice results and also underpredicted 
experimental data from Zheng et al. (2014) for 1,6-hexanediol diacrylate (HDDA) tetrakaidecahedron 
lattices by a factor of 1/2 (Figure A.4). While Sullivan’s model assumes elastic behavior up to the point 
of failure and is derived from the lattice strut elastic section modulus, Christensen (2007) proposed a 
model that assumes the formation of plastic hinges and is derived using the plastic section modulus. 
However, Christensen’s solution even further underpredicted the experimental data. It is possible that 
these discrepancies between experiment and analysis are partially a result of fabrication imperfections – 
the models are based on cylindrical struts while many of the fabricated struts had elliptical cross-sections 
(Figure 1.5). The current models may also be limited because they are based on analyses of single unit 
cells, without full consideration of interactions with neighboring cells and constraints imposed by loading 
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conditions (e.g. contact with the flat punch tip under compressive loading). In this work, the addition of 
the correction factor 𝛼 to the model of Sullivan et al. (2008) for the strength of homogeneous 
tetrakaidecahedron lattices provided an excellent fit to our experimental data for polymer-only lattices, 
but it appears that further investigation is needed to identify the governing mechanisms of deformation in 
a tetrakaidecahedron lattice and develop a more accurate analytical model.  
The predicted minimum and critical shell thicknesses showed some agreement with the experimental 
results. However, the compressive and tensile strengths of the Ni-P shell material were so much greater 
than the polymer core material that only very thin shell layers were required to effectively reinforce the 
core. Thus, nearly all experimental lattices were fabricated with shell thicknesses above 𝑡𝑚𝑖𝑛 and 𝑡𝑐𝑟𝑖𝑡. 
More data points below 𝑡𝑚𝑖𝑛 and 𝑡𝑐𝑟𝑖𝑡 could be obtained by selecting materials that are more similar in 
strength and stiffness. 
 
1.5.4 Relative specific modulus and relative specific strength 
Both the models and experimental data for the relative properties (Figure 1.13) showed that the 
addition of thin Ni-P shell layers dramatically increased the modulus and strength of the composite lattice. 
However, in a higher thickness regime, the shell dominated the mechanical behavior, so the continued 
addition of shell material was akin to thickening the walls of a homogeneous hollow lattice. Similarly, 
nearly all the models and data for the relative specific properties (Figure 1.14) showed that the sharpest 
increases in mechanical advantage were obtained in the regime of thin Ni-P shells. The continued addition 
of shell material beyond a certain thickness did not provide any further advantage but instead reduced this 
advantage. These results collectively provide a set of general design criteria for composite lattices: for 
each topology and property of interest, one can identify a range of reinforcing shell thicknesses that 1) 
achieve a mechanical advantage on a volume basis (equal relative density) or mass basis (equal mass 
density) and 2) are thin enough not to fall within the power-law scaling regime where the shell dominates 
the mechanical behavior as a hollow homogeneous lattice. The experimentally observed thickness ranges 
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for the polymer-Ni-P lattices are presented in Table 1.2. It is within these ranges that the core and shell 
should act together effectively as a composite. 
Thin-shelled octet lattices showed approximately the same relative specific moduli as thin-shelled 
tetrakaidecahedron lattices when compared to corresponding polymer-only lattices with equal mass 
density (Figure 1.14b). However, when considering lattices of equal relative density, the relative specific 
moduli for the tetrakaidecahedron lattices were twice as great as for the octet lattices (Figure 1.14a). This 
trend can be attributed to the positioning of the reinforcing Ni-P layer at the periphery of the core/shell 
composite strut, which provides an advantage that is more apparent when reinforcing bending-dominated 
lattices (𝐸 ∝ 𝑟4 in Eq. (1.38) and 𝜎𝑦 ∝ 𝑟
3 in Eq. (1.40)) compared to stretching-dominated lattices (𝐸 ∝
𝑟2 in Eq. (1.13) and 𝜎𝑦 ∝ 𝑟
2 in Eq. (1.14)). However, the relative specific strengths of the 
tetrakaidecahedron lattices were not greater than the octet lattices. This is likely because the strengths of 
the tetrakaidecahedron lattices were governed by Ni-P’s low tensile strength, in contrast to the octet 
lattices which were governed by Ni-P’s higher compressive strength. The degradation in specific 
properties of both structures with increasing Ni-P shell thickness can be attributed to the high mass 
density of Ni-P compared to IP-S (𝜌𝑁𝑖𝑃 ~ 8.7 g/cm
3 and 𝜌𝐼𝑃𝑆 ~ 1.2 g/cm
3), as well as an increase in the 
non-uniformity of shell thicknesses at higher nominal thicknesses. 
 
1.5.5 Effects of defects 
Polymer-only lattices with defective bottom layers generally had lower Young’s moduli and 
strengths than defect-free lattices. This is consistent with results from Meza et al. (2017) which showed 
that missing struts throughout the volume of a lattice caused significant reductions in stiffness and 
strength. However, for the polymer-Ni-P composite lattices in this work, there was no clear differentiation 
between the properties of defective vs. defect-free samples. It is possible that the higher stiffness and 
strength of the Ni-P masked the effects of the defects. The non-uniformity of the Ni-P shells also 
introduced some uncertainty in the results for the composites. While further investigation is needed, it 
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appears that the defects confined to the substrate-lattice interface had little effect on the mechanical 
properties of the polymer-Ni-P composites. However, Figure 1.8 showed that even if the Young’s 
modulus and crushing strength were unaffected, the defective bottom layer was still at risk of collapsing 
prematurely and causing “pancaking” failure of the lattice. These findings have implications for the future 
scalable manufacturing and commercial use of composite lattice materials since the outer surfaces of 
these delicate materials would be the most vulnerable to damage from processing and handling. 
Variability in the experimental data could be explained by the observed variations in strut dimensions and 
in shell thickness between the exterior and interior struts of the lattices (Figure 1.5). However, it is 
beyond the scope of this work to quantify their effects. 
 
1.6 Limitations and future directions 
Both the established homogeneous lattice models and the newly proposed composite lattice models 
in this work assume bulk material properties for the core and shell layers. However, consideration should 
be given to metal and ceramic structures with feature dimensions (e.g. strut diameter, shell thickness) at 
the sub-micrometer length scales, as they could potentially exhibit size effects including enhanced 
strength (J Bauer et al., 2016; Jens Bauer et al., 2014; Greer & De Hosson, 2011; Gu & Greer, 2015; D. 
Jang et al., 2013; X. Wei, Lee, Shim, Chen, & Kysar, 2007) and ductility (S.-W. Lee, Jafary-Zadeh, Chen, 
Zhang, & Greer, 2015; Mieszala et al., 2017). While the characteristic length scales of the lattices in this 
work are likely too large to observe any significant size effects (D. Jang et al., 2013), future studies to 
compare these size effects to our models could include testing of composite lattices with smaller 
dimensions. 
The current strength models for homogeneous tetrakaidecahedrons underpredicted the experimental 
results in this study as well as prior data in the literature. Therefore, the composite tetrakaidecahedron 
strength model presented here is quasi-phenomenological and required a correction factor to fit the 
experimental data. Since the current models were developed from analyses of single unit cells, it is 
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possible they could be improved by accounting for cell-to-cell interactions within a lattice in which a 
failure instability with a characteristic length longer than the unit cell length could be activated. 
Similarly, the microlattice structures in this work were taken to approximate the behavior of a larger, 
continuum-scale lattice material, which may not be an accurate representation. However, the 
manufacturing of lattice materials at an industrial scale remains a challenge. Solving this challenge would 
also enable better representative experiments for validating the composite models and, more importantly, 
expand the materials property space available to engineers. Larger lattice samples would also obviate the 
need for the large substrates that were impeding the flow of plating fluid and causing non-uniformity in 
shell thickness. Another area of interest would be the development of analytical models for different 
lattice geometries and for composite configurations other than the core/shell configuration that was 
studied here. 
 
1.7 Summary and conclusions 
We developed a framework for mapping the mechanical properties of composite lattice materials by 
applying beam theory and bounding theories of composite materials. These principles may be applied for 
composite lattices with arbitrary topologies and solid strut cross-sections, as well as any number of solid 
phases. The analytical models presented here are directly applicable to octet and tetrakaidecahedron 
lattices with cylindrical struts and a core/shell composite construction. 
To validate the models, we fabricated composite microlattices using two-photon lithography with 3D 
direct laser writing of an IP-S polymer core, followed by electroless plating of Ni-P. The composite 
microlattices were crushed in a nanoindenter to obtain their Young’s moduli and strengths, and the results 
were compared with the proposed analytical models. We made the following observations:  
• The composite models and data generally followed the same trends with increasing shell 
thickness: a thin-shell regime with a dramatic initial increase in stiffness and strength, 
followed by a thick-shell regime with power-law scaling that resembled that of 
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homogeneous lattices. A likely explanation for the power-law scaling is that the thicker 
shells dominated the mechanical response, so the lattices behaved not as composites but 
as hollow and homogeneous Ni-P structures. 
• The composite models showed very strong agreement with the experiments in the thin-
shell regime, supporting the validity of the newly derived models. 
• In the thick-shell regime, the models and experiments diverged. This divergence could 
have arisen because the thick-shelled composites behaved as hollow structures, with local 
deformations at the hollow-like nodes that could not be captured in the beam-theory-
based analytical models. Finite element modeling could be used to further investigate this 
phenomenon. 
• Nearly all the models and data for the relative specific properties showed that the sharpest 
increases in mechanical advantage were obtained with thin Ni-P shells. The continued 
addition of shell material beyond a certain thickness either did not provide any further 
advantage or instead reduced this advantage. This was due in part to the high mass 
density of Ni-P compared to the IP-S polymer core material. 
From the analytical models and experimental results, particular ranges of shell thicknesses were 
identified as providing effective reinforcement for the composite lattice. A set of general design criteria 
specifies that this range of thicknesses should 1) achieve a mechanical advantage on a volume or mass 
basis and 2) be thin enough not to dominate the mechanical behavior as a hollow lattice. These criteria 
and the accompanying analytical models presented in this work may be used to design future generations 
of stronger, stiffer, and lighter composite lattice materials. 
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Chapter 2: Analyses and Experiments for the Young’s Modulus and 
Strength of Metal-Graphene Composite Microlattice Materials 
 
2.1 Introduction – Graphene in 3D 
While graphene is a 2D material, it is certainly not limited to planar configurations. A variety of 
techniques have emerged for assembling graphene into 3D configurations such as foams, aerogels, and 
lattice networks (Z. Sun, Fang, & Hu, 2020). Chen et al. (2011) and Trinsoutrot et al. (2014) 
demonstrated graphene growth on 3D substrates by performing chemical vapor deposition (CVD) of 
multiple graphene layers on commercially available open-cell nickel foams with pore sizes on the order of 
~300 µm. Chen et al. (2011) further incorporated the deposited 3D graphene network into a polymer 
nanocomposite by dissolving the nickel structure to leave a free-standing graphene foam and then 
infiltrating the graphene foam with poly(dimethyl siloxane) (PDMS). Yang et al. (2015) also performed 
CVD on 3D nickel structures but designed and then manufactured these periodic lattice structures (with 
pore sizes on the order of 1 mm) through metal sintering which enabled control of the 3D graphene 
architecture. Xiao et al. (2012) demonstrated graphene growth on 3D periodic Ni templates produced via 
interferometric lithography, achieving pore sizes on the order of 500 nm. Wu et al. (2015) produced 3D 
graphene sponges with pore sizes on the order of ~20 µm through the solvothermal conversion of 
graphene oxide (GO) platelets dispersed in ethanol. Cebo et al. (2017) achieved the smallest freestanding 
periodic graphene structures to date by creating graphene gyroids with 35 nm and 60 nm unit cells. They 
fabricated Ni gyroid templates using self-assembly of a polyisoprene-block-polystyrene-block-
poly(ethylene oxide) (ISO) triblock copolymer with different molecular weights to achieve different pore 
sizes, followed by selective removal of the polyisoprene to leave patterned voids and electrodeposition of 
Ni into those voids. Hensleigh et al. (2018) assembled graphene aerogel lattices with arbitrary geometries 
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and unit cells on the order of 100 µm using 3D printing of a photocurable resin containing cross-linked 
graphene oxide, followed by drying and pyrolysis to remove the photopolymer. 
These graphene-based 3D structures have demonstrated potential as flexible sensors, electrodes, 
conductors, and supercapacitors. However, none have systematically translated graphene’s exceptional 
mechanical properties into 3D form, and they have not demonstrated graphene’s full potential for two 
main reasons: 
1. The vast majority of the fabrication methods in the literature for 3D graphene materials 
demonstrate little control of the orientation and placement of the graphene on a 
microstructural level. Methods that produce 3D graphene by the reduction of graphene 
oxide generally rely on random dispersions of graphene oxide particles such as in 
Hensleigh et al. (2018) and Wu et al. (2015). Methods that produce 3D graphene by CVD 
generally rely on substrates which have been produced through stochastic foaming 
processes such as in Chen et al., (2011). In theory, CVD can produce graphene on any 
arbitrary shape of substrate, but the technology for designing and fabricating arbitrary 3D 
substrates – at nanometer to micrometer length scales suitable for exploiting graphene’s 
properties – has been limited. Even the methods of Xiao et al. (2012) and Cebo et al. 
(2017), which achieved periodic, rather than random architectures, are limited in terms of 
potential geometries. 
2. The thickness of the fabricated graphene in the 3D graphene materials is not well-
controlled, particularly for graphene produced by CVD on Ni substrates, which will be 
further explained in Section 3.2. This makes it inherently difficult to design, model, and 
predict the mechanical behavior of the graphene materials. 
This chapter describes ongoing work which aims to demonstrate the growth of graphene in periodic 
3D networks and to determine whether these graphene coatings can have a mechanical reinforcing effect 
on hollow metallic microlattices. We address the first issue of arbitrary geometries using the technique of 
two-photon lithography (TPL) for high-resolution 3D printing, with voxel sizes on the order of ~250 nm 
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(D. Jang et al., 2013). Coupled with conformal thin film deposition techniques such as electroless plating, 
TPL can be used to precisely design and fabricate microscale structures that better utilize graphene’s in-
plane mechanical properties. 
We address the second issue of the consistency of fabricated graphene by using a custom CVD 
graphene system designed and built by our colleagues Dr. Christopher DiMarco, Jacob Amontree, 
Xingzhou Yan, and Prof. James Hone here at Columbia University, in collaboration with the group of 
Prof. Richard Martel at the University of Montreal. This CVD system is capable of consistently producing 
high-quality, centimeter-scale, continuous monolayer graphene growth on copper substrates at 
temperatures as low as 865 °C and in less than one minute (DiMarco, 2020). 
While the custom CVD system was under development, we first performed a preliminary study using 
Ni-B microlattices. After the recent completion of the CVD system, we were able to demonstrate 
graphene growth on a Cu microlattice. Both of these preliminary studies are presented in this chapter. 
 
2.2 Graphene growth via chemical vapor deposition 
 
 
Figure 2.1. Graphene Square TCVD100B furnace used by the author for graphene growth on 
hollow Ni-B. 
 
The scalable fabrication of graphene, especially at centimeter to meter length scales suitable for 
engineering applications, is a complex undertaking. Monatomically thin films of graphene, commonly 
referred to as monolayer graphene, were first obtained by using adhesive tape (a technique known as 
mechanical exfoliation) to isolate graphene flakes from bulk graphite (Novoselov et al., 2004). When 
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using this exfoliation technique only a very small fraction of the resulting flakes are monatomically thin, 
but such flakes usually consist of a single crystal with very low defect density (Changgu Lee et al., 2008), 
making them ideal for studies aimed at developing a fundamental understanding of 2D materials. 
However, much time and effort are required to locate the monolayer flakes, so exfoliation is clearly not 
suitable for scalable graphene production. 
The desire to reliably obtain large-area sheets of graphene has motivated heavy research into a 
technique known as thermal chemical vapor deposition (CVD), where chemical compounds are vaporized 
and/or broken down by heat, and select elements are re-deposited onto a target substrate. In addition to 
having the potential for scalability, a distinct advantage of CVD methods is that blanket films – rather 
than individual randomly oriented flakes – of graphene can be deposited onto centimeter- to meter-scale 
substrates (Bae et al., 2010; K. S. Kim et al., 2009; Xuesong Li et al., 2009). These CVD-grown films 
typically are polycrystalline in nature, and the resulting grain boundaries can adversely affect the 
electrical and mechanical properties (Huang et al., 2011; G.-H. Lee et al., 2013). However, devices 
fabricated using CVD-grown polycrystalline graphene can still reach performance levels on par with 
those using exfoliated graphene (Tsen et al., 2012). Additionally, it has been experimentally shown that 
graphene grain boundaries exhibit at most a 15% reduction from graphene's intrinsic strength, and that the 
strength of polycrystalline graphene is comparable to that of pristine graphene (G.-H. Lee et al., 2013). 
Since graphene is comprised of carbon atoms, the chemical vapor deposition of graphene first 
requires a carbon source. The most commonly used carbon precursor for graphene CVD is methane gas 
(CH4) (Muñoz & Gómez-Aleixandre, 2013), which is dehydrogenated at high temperatures to obtain free 
carbon atoms. Graphene CVD has also been reported using various other carbon sources that are solid, 
liquid, or gaseous at room temperature including: poly(methyl methacrylate) (PMMA) and polystyrene 
(solids) (Z. Li et al., 2011); benzene and toluene (liquids) (J. H. Choi et al., 2013; J. Jang et al., 2015; Z. 
Li et al., 2011); and ethylene and acetylene (gases) (Qi et al., 2013; Trinsoutrot et al., 2014). However, 
methane gas remains the precursor of choice for large-scale CVD graphene due to the high quality and 
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repeatability of the resulting graphene films, as well as its ease of handling and low toxicity compared to 
the aforementioned alternative sources. 
The second major component of graphene CVD is the substrate on which the graphene is grown. The 
most commonly used substrates are formed from transition metals, most notably copper (Cu) and nickel 
(Ni) since they act as catalysts by reducing the temperature of methane decomposition. However, the 
kinetics of graphene growth on Cu and Ni (Figure 2.2) are different partially owing to their different 
carbon solubilities (0.001-0.008 wt% at 1084 °C in Cu and 0.6 wt% at 1326 °C in Ni) (Muñoz & Gómez-
Aleixandre, 2013). 
While there are numerous complex and competing mechanisms that contribute to graphene 
formation, the basic kinetics of graphene growth on Cu substrates are: 
1. Start of CH4 decomposition by heating, typically between 900 °C – 1000 °C 
2. Adsorption of partially decomposed CH4 onto the Cu surface 
3. Full dehydrogenation of CH4, catalyzed by Cu and resulting in free C atoms 
4. Surface diffusion/migration of C atoms towards nucleation sites on the Cu surface 
5. Attachment between C atoms at nucleation sites to begin graphene “growth” 
6. Continued attachment of C atoms until the graphene spreads and fully covers the catalytic 
Cu surface, thereby ending the catalytic dehydrogenation of CH4 and ending the growth 
process. 
As seen in the final step, the growth of graphene on Cu is self-limiting due to the covering of the 
catalytic Cu surface (Xuesong Li et al., 2009). This typically results in the formation of only a single 
uniform layer of graphene. CVD-graphene growth on Cu substrates is very well-studied and has been 
fine-tuned to the extent that single crystals of monolayer graphene up to 5 mm in size have been achieved 
(H. Zhou et al., 2013). In addition, graphene samples grown on Cu exhibit electrical (Petrone et al., 2012) 
and mechanical properties (G.-H. Lee et al., 2013) comparable to that of exfoliated graphene, indicating 
the high quality of these samples.  
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Graphene growth on Ni follows a slightly different process than on Cu. The first three stages, up to 
and including full dehydrogenation of CH4, are essentially the same. However, the higher carbon 
solubility of Ni dictates that a significant amount of C atoms diffuse into the Ni bulk, rather than stay on 
the surface as with Cu. Thus, the kinetics of graphene growth on Ni are: 
1. Start of CH4 decomposition by heating, typically between 900 °C – 1000 °C 
2. Adsorption of partially decomposed CH4 onto the Ni surface 
3. Full dehydrogenation of CH4, catalyzed by Ni and resulting in free C atoms 
4. Diffusion of C atoms into the Ni bulk 
5. Upon cooling, segregation of C atoms from the Ni bulk back onto the Ni surface 
6. Attachment between C atoms at nucleation sites to begin graphene “growth” 
7. Continued segregation of C to the surface during cooling, with continued formation of 
graphene, until the temperature is low enough to freeze the motion of C atoms. 
 
Figure 2.2. Kinetics of graphene chemical vapor deposition (CVD) on Ni and Cu catalytic 
substrates. Here, methane (CH4) is shown as the precursor gas (Muñoz & Gómez-Aleixandre, 2013). 
Figure reprinted with permission from John Wiley and Sons. 
 
In contrast to Cu, growth on Ni is not self-limiting to a single graphene layer. Even after the catalytic 
Ni surface has been covered and dehydrogenation has effectively ceased, previously dissolved C atoms 
continue to be segregated out of the bulk to feed graphene growth. Thus, consistent growth of high-
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quality monolayer graphene on Ni substrates is extremely difficult. Faster cooling rates and higher 
pressures have been shown to suppress the movement of dissolved carbon atoms to the surface, thus 
limiting the number of graphene layers formed (K. S. Kim et al., 2009; Yu et al., 2008). To date, CVD on 
Ni has been shown to produce samples where monolayer graphene accounted for up to 11% of the total 
film area, with monolayer and bilayer graphene combining for up to 87% of the sample (Reina, Thiele, et 
al., 2009). Optimizing the various CVD growth factors to achieve uniformly thick graphene growth 
remains a primary challenge for the use of Ni substrates. 
Although graphene uniformity is lower on Ni substrates compared to Cu, there are some advantages 
to using Ni that are worth considering, One advantage of Ni is the ability to perform graphene growth at 
atmospheric pressures, which could potentially eliminate the need to operate and maintain costly vacuum 
systems. Furthermore, Ni is an attractive material for graphene composites since the Ni (111) surface 
yields the smallest lattice mismatch with the hexagonal structure of graphene (Wintterlin & Bocquet, 
2009). The resulting attraction between the graphene and surface Ni atoms potentially leads to a greater 
strengthening effect in Ni-graphene composites compared to Cu-graphene composites (Y. Kim et al., 
2013). 
 




Figure 2.3. Schematic cross-section of a cylindrical strut in a graphene-coated hollow metallic 
microlattice. 
 
2.3.1 Analytical models for hollow octet lattice materials 
We had previously reviewed the analytical models for homogeneous octet and tetrakaidecahedron 
lattices, extended and generalized these models for multiphase core/shell composite lattices, and then 
focused on models and experiments for two-phase core/shell composite lattices. Here, we begin with the 
generalized composite models, specialize them for composite lattices with hollow struts, and then apply 
these models for four-phase hollow composite lattices comprising a hollow core and three shell layers. 
These four-phase models are intended to capture the construction of our graphene-coated hollow 
microlattices, which consist of a hollow metal shell coated with graphene on both the inner and outer 
surfaces: the hollow void is the 1st phase, the inner graphene coating is the 2nd phase, the metal shell is the 
3rd phase, and the outer graphene coating is the 4th phase. Finally, to provide a point of comparison for our 
experiments, the same four-phase model is even further specialized for the case of a single solid phase 
comprising the hollow metal shell only, without any graphene. As discussed in the previous chapter, these 
beam-theory-based analytical models will likely overestimate the stiffnesses and strengths of hollow 
lattices since they do not account for local deformations and increased compliance at the hollow nodes. 




2.3.1.1 Young’s modulus 
From Section 2.2.3.1, the generalized upper bound (Voigt model) and lower bound (Reuss model) 
for the effective lattice modulus of a composite octet lattice having struts with a cylindrical core/shell 
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where 𝐸𝑛 is the Young’s modulus of the nth phase constituent material, 𝑟1 is the outer radius of the core, 
and 𝑟𝑛 for 𝑛 = 2 to 𝑁 are the outer radii of the shell layers so that the shell thicknesses are given by 𝑡𝑛 =
𝑟𝑛 − 𝑟𝑛−1 as shown in Figure 2.3. 
For a hollow strut, we will be setting 𝐸1 → 0, so we rewrite these equations to express them in terms 
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Taking the limit of 𝐸1 → 0, we obtain the generalized form for a hollow strut, where 𝑟1 is the radius 

























For the specific case of a four-phase hollow composite lattice comprising a hollow core and three 

















For the purpose of analyzing the hollow graphene-coated lattice – a hollow cylindrical metal shell 
coated with graphene on both the inner and outer surfaces as shown in Figure 3.3 – we want the metal to 
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(3.8) 
We note here that graphene, as a 2D membrane, is still expected to carry both tensile and compressive in-
plane loads assuming it remains bonded the metal layer – in essence, the two graphene layers each add 
one more atomic layer of atoms. 
Now to obtain the relative modulus for the special case of the hollow lattice with the metal only and 



















Thin shell approximations of Equations (3.8) and (3.9), assuming the shell thicknesses 𝑡𝑛 satisfy 




















As a general note, if a shell layer is comprised of a 2D material such as graphene, then the composite 

















From Section 2.2.3.2, the generalized expression for the strength of a composite octet lattice having a 
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Following the procedure for deriving the Young’s modulus in the previous section, we rewrite this 
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Now, taking the limit of 𝐸1 → 0, we obtain the generalized form for a hollow strut, where 𝑟1 is the radius 
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As before, we want the metal (phase 3) to be the reference material, so we rewrite this equation in terms 
of 𝐸3 and 𝑟3. Thus, the strength of a hollow graphene-coated octet lattice – assuming failure of the outer 
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(3.17) 
To obtain the relative strength for the special case of the hollow lattice with the metal only, without 






























If we assume that lattice failure is caused by failure of the underlying metal (phase 3), rather than the 
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(3.21) 
It is apparent from this expression that phases 2 and 4 contribute to the strength only by increasing the 
axial stiffness of the lattice struts in proportion to their respective cross-sectional areas. 
 
2.3.1.3 Reinforcement factors 
To gain better intuition for the potential reinforcing effect of the graphene layers, we can directly 
compare the expressions for the mechanical properties of the graphene-coated and metal-only lattices. 
 
2.3.1.3.1 Young’s modulus 
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(3.24) 
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(3.25) 
 
2.3.2 Analytical models for hollow tetrakaidecahedron lattice materials 
2.3.2.1 Young’s modulus 
From Section 2.2.5.1, the generalized expression for the Young’s modulus of a composite 
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(3.30) 
To obtain the relative strength for the special case of the hollow lattice with the metal only, without 




































From 2.2.5.2, the generalized expression for the strength of a composite tetrakaidecahedron lattice 
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Since we want the metal to be the reference material, we rewrite this equation in terms of 𝐸3 and 𝑟3. Thus, 
the strength of a hollow graphene-coated tetrakaidecahedron lattice – assuming failure of the outer 
















4 )?̅?2/3 + (?̅?4/3
4 − 1)?̅?4/3}]. 
(3.38) 
To obtain the relative strength for the special case of the hollow lattice with the metal only, without 

































If we assume that lattice failure initiates in the underlying metal, rather than the outermost layer of 
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(3.42) 
It is apparent from this expression that phases 2 and 4 contribute to the strength only by increasing the 
bending stiffness of the lattice struts in proportion to their respective area moments of inertia. 
 
2.3.2.3 Reinforcement factors 
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2.3.2.3.1 Young’s modulus 
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(3.45) 
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(3.46) 
 
2.4 Materials and methods 
2.4.1 Lattice design 
The bending-dominated tetrakaidecahedron design was chosen for the lattices since we anticipated 
that the positioning of graphene coating at the periphery of the struts would provide an advantage that was 
more readily apparent in bending-dominated lattices (𝐸 ∝ 𝑟4 in Eq. (2.36) and 𝜎𝑦 ∝ 𝑟
3 in Eq. (2.38)) than 
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in stretching-dominated lattices (𝐸 ∝ 𝑟2 in Eq. (2.13) and 𝜎𝑦 ∝ 𝑟
2 in Eq. (2.14)). We used the same strut 
diameter (7.6 µm) and length (33.3 µm) as the tetrakaidecahedron lattices described in Chapter 1 but 




Tetrakaidecahedron polymer lattices were constructed in CAD (Autodesk Inventor) and fabricated 
by two-photon lithography (Nanoscribe Photonic Professional GT, Nanoscribe GmbH) using IP-S 
photoresist (Nanoscribe), using a similar process as described in Chapter 1. Details of the processing 
parameters are included in Table D.1. The lattices were fabricated on substrates of 1 mm thick, 99.9999% 
purity Cu chips (Alfa Aesar). After completion of the writing process, the microlattices were developed in 
propylene glycol methyl ether acetate (PGMEA) for 40 minutes, followed by a 2-minute rinsing dip in 
isopropyl alcohol. They were then blow-dried with nitrogen. There was no post-baking step. 
To metallize the polymer lattices, they were coated with either copper (Cu) or a nickel-boron alloy 
(Ni-B, 0.25-0.5% B by weight) using commercially available electroless plating processes (Cu: 
Electroless Copper 4000, OM Group, Cleveland, Ohio; Ni-B: Niklad 752, MacDermid, Waterbury, 
Connecticut). Plating time was adjusted to obtain nominal shell thicknesses of 4.5 µm for Cu and 2.5 µm 
for Ni-B based on expected plating rates of 1.5 µm/hour for both Cu and Ni-B. Details of these processes 
are contained in Appendix C. 
Following the deposition of a metal coating, the next step was to remove the interior polymer 
template to obtain a hollow metallic lattice. Two different methods were used to achieve this, depending 
on the type of metal. For the Ni-B coated lattices, the very simple method was to place the entire lattice in 
a tube furnace, open to atmosphere, for 30 minutes at 500 °C, thereby removing the interior polymer by 
thermal decomposition (Zheng et al., 2014). This method could not be used for the Cu coated lattices due 
to copper’s high susceptibility to oxidation in air at such a high temperature. A plasma etching method 
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was used instead. First, focused ion beam milling (FEI Helios Nanolab 660 FIB-SEM) was used to trim 
the Cu along two opposite outer faces of the lattice and expose the interior polymer (D. Jang et al., 2013). 
Next, to remove the exposed polymer, the lattice was placed into a reactive ion etcher (Oxford PlasmaPro 
NPG80 RIE) for 32 hours under the flow of 10 sccm CF4 and 50 sccm O2 at 300 W. The table 
temperature was maintained at 15 °C. A 10 mm wide strip of 1 mm thick 99.9999% purity Cu was 
positioned ~1 mm above the lattice to serve as a baffle, protecting the lattice from ion bombardment and 
ensuring a purely chemical etch of the polymer. The removal rate of exposed polymer was approximately 
400 nm/min. 
After obtaining the hollow metallic lattices, graphene was formed conformally on both their inner 
and outer surfaces by chemical vapor deposition (CVD). Two different methods were used here as well 
since Cu and Ni-B have different carbon solubilities. For Cu, the lattice was placed in a custom CVD 
quartz tube furnace under vacuum and processed through the following stages (DiMarco, 2020): 
1) Temperature ramp-up to 500 °C under 100 mTorr H2 
2) Annealing for 1 minute at 500 °C under 100 mTorr H2 
3) Temperature ramp-up to 865 °C under 100 mTorr H2 
4) Oxidation for 5 minutes at 865 °C under 0.1 mTorr O2 and 100 mTorr Ar 
5) Reduction for 5 minutes at 865 °C under 100 mTorr H2 
6) Graphene growth for 30 minutes at 865 °C under 100 mTorr H2 and 45 mTorr CH4 
7) Rapid cooling, achieved by sliding the furnace away from the lattice position 
Additional details of the custom CVD system can be found in DiMarco (2020). 
For Ni-B, the lattice was placed in a CVD quartz tube furnace (Graphene Square TCVD100B) under 
atmospheric pressure (~760 Torr) and processed through the following stages: 
1) Temperature ramp-up to 1000 °C under the flow of 95 sccm Ar and 5 sccm H2 
2) Annealing for 30 minutes at 1000 °C under 95 sccm Ar and 5 sccm H2 




4) Rapid cooling, achieved by sliding the furnace away from the lattice position, under 50 
sccm Ar 
 
2.4.3 Materials characterization 
The Young’s moduli and tensile strengths of Ni-B and graphene are assumed to be ENiB = 120 GPa, 
𝜎𝑦,𝑁𝑖𝐵 = 0.110 GPa (Baudrand, 1994), EGr = 1015 GPa and 𝜎𝐺𝑟 = 103 GPa (G.-H. Lee et al., 2013). 
Assuming a graphene thickness of 𝑡𝐺𝑟 = 0.335 nm based on interlayer spacing in graphite, the equivalent 
2D values for graphene are 𝐸𝐺𝑟
2𝐷 = 340 N/m and 𝜎𝐺𝑟
2𝐷 = 34.5 N/m, which are the intrinsic quantities that 
were measured experimentally (Changgu Lee et al., 2008; G.-H. Lee et al., 2013). The corresponding 
strains at tensile failure are 𝑦,𝑁𝑖𝐵 =  0.09% and 𝐺𝑟 = 10%. While Wei et al. (2009, 2012) showed that 
the mechanical behavior of graphene is appropriately modeled using an experimentally validated 5th-
order nonlinear anisotropic elastic constitutive relationship, here we assume graphene to be linear elastic. 
Raman spectra were taken at various locations on the surfaces of the Ni-B-graphene lattice struts 
using a 532 nm laser and 1800 l/mm grating. Grain sizes of the electroless Cu and Ni-B before and after 
CVD graphene growth were estimated from SEM images using the intercept method (Heyn, 1903). The 
boron content of the Ni-B is between 0.25-0.50 wt% B (1.34-2.66 at% B) according to manufacturer data 
(Niklad 752, MacDermid). 
 
2.4.4 Compression testing 
Nanoindentation tests were performed on two sets of microlattices: 1) Ni-B-graphene (Ni-B-Gr) 
composite microlattices (n = 3) and 2) Ni-B-only microlattices (n = 3) as a control group (subject to the 
same CVD processing conditions but without the flow of the methane precursor that supplies the carbon 
for graphene growth). The lattices were subjected to uniaxial compressive loading using a nanoindenter 
(G200, KLA-Tencor) with a 1 mm diameter stainless steel flat punch tip (MicroStar Tech). The 
specimens were loaded to failure at a strain rate of 10-3 s-1. Data was sampled at a rate of 5 Hz. Load and 
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displacement data were converted to engineering stress and engineering strain using the cross-sectional 
area of the lattice and the height of the lattice, respectively. The Young’s modulus was calculated by 
taking the slope of the linear portion of the loading curve. This linear fit was offset by a strain of 0.0002, 




2.5.1.1 Hollow lattices 
Six hollow Ni-B microlattices and one hollow Cu microlattice were fabricated according to the 
methods described above. The thicknesses of the electroless-deposited Cu and Ni-B varied noticeably 
within the same lattice (Figure 3.4a), as we had previously observed in Chapter 1 with electroless-
deposited Ni-P shells greater than 1 µm in thickness. The deposited Cu shell thickness varied from ~1 to 
~5 µm compared to the nominal thickness of 4.5 µm based on the deposition time and expected plating 




Figure 2.4. Fabrication of hollow Cu microlattice. (a) SEM image of polymer/Cu microlattice after FIB 
milling to expose the interior polymer. Measured strut diameters varied from ~10 to ~17 µm due to the 
non-uniform thickness of the electroless-plated Cu. (b) A hollow Cu lattice remains after removal of the 




2.5.1.2 Graphene growth 
Graphene was deposited by chemical vapor deposition (CVD) on the hollow Cu microlattice and 
three of the hollow Ni-B microlattices to fabricate Cu-Gr (Figure 3.5) and Ni-B-Gr (Figure 3.6) 
composite microlattices. Raman spectra showed that the graphene on the Cu-Gr microlattices was 
primarily monolayer with some bilayer patches, while the thickness of graphene on the Ni-B-Gr 
microlattices ranged from monolayer to more than 10 layers in thickness, becoming essentially graphite. 
It is likely that the graphene is polycrystalline, although further work would be needed to identify the 
graphene grains. SEM images suggested that all the deposited graphene films were continuous over the 
entire exterior surfaces of the microlattices. The interior surfaces of the hollow microlattices were not 
checked for graphene. 
 
Figure 2.5. Fabricated Cu-graphene composite microlattice. (a-b) Cu microlattice before (a) and after 
(b) graphene deposition. (c-d) SEM image (c) and Raman spectrum (d) showing continuous monolayer 





Figure 2.6. Fabricated Ni-B-graphene composite microlattice. (a-b) Ni-B microlattice before (a) and 
after (b) graphene deposition. (c-d) SEM image (c) and Raman spectra (d) showing continuous graphene 
with a range of thicknesses on the Ni-B surface, along with some wrinkles. 
 
2.5.1.3 Effect of graphene growth process on metallic structures 
It is apparent from SEM images that additional imperfections were introduced into the underlying 
metallic structure during the graphene CVD process. Post-growth images of the lattices showed 
significant grain growth and warping of the overall structure (Figure 3.5). The grain sizes of the 
electroless Cu and Ni-B shells prior to CVD were estimated as 1.12 ± 0.06 µm (mean ± s.d.) for Cu 
(Figure 3.7a,c) and 0.076 ± 0.017 µm for Ni-B, which are consistent with the reported grain sizes for 
thick films of electroless Cu (Paunovic, 2011) and low-boron-content (<5% B) Ni-B (Watanabe & 
Tanabe, 1983). After CVD, the Cu grains had increased nearly twofold to a size of 2.12 ± 0.33 µm, and 
their surface morphology had become noticeably smoother (Figure 3.7b,d). The Ni-B grain size 
increased nearly two orders of magnitude to 4.67 ± 0.45 µm. Furthermore, numerous voids were visible 
on the Cu surface on both the microlattice and the substrate. These voids were also present in the Ni-B 
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microlattices but to a lesser extent. Interestingly, a byproduct of graphene growth on Ni-B was the 
formation of numerous clusters of nanostructures (Figure 3.8b), which by visual inspection of SEM 
images appear to be boron-filled hybrid carbon nanotubes (Patel et al., 2016). 
 
 
Figure 2.7. Comparison of hollow Cu microlattice before and after graphene CVD. Structure of Cu 
microlattice before (a,c) and after (b,d) graphene CVD showing the appearance of voids (a to b) and 





Figure 2.8. Comparison of hollow Ni-B microlattice before and after graphene CVD. Structure of Ni-
B microlattice before (a) and after (b) graphene CVD showing changes in grain size and morphology as 
well as the formation of numerous clusters of nanostructures. 
 
2.5.2 Modeling results 
Stiffness reinforcement factors (Eqns. (3.22) and (3.43)) of Cu-Gr and Ni-B-Gr composite lattices 
are plotted in Figure 3.9 as a function of varying metallic shell thickness 𝑡3 and strut inner radius 𝑟1. The 
thicknesses 𝑡2 and 𝑡4 are held constant and assumed to be 0.335 nm, which is the effective thickness of 
graphene. These plots show that graphene coatings can be expected to have the greatest effect on strength 
when the thickness of the metal shell is very low and nearly on the same order of magnitude as the 
thickness of graphene. 
 
Figure 2.9. Stiffness reinforcement factors. The stiffness reinforcement factors of graphene-coated octet 
and tetrakaidecahedron composite lattices, using Cu and Ni-B as the shell material, are plotted against 






2.5.3 Compressive properties of Ni-B and Ni-B-graphene microlattices 
2.5.3.1 Stress-strain behavior and failure mechanisms 
The stress-strain curves from compression testing of the Ni-B-only and Ni-B-Gr microlattices show 
that the lattices failed in a ductile manner, with densification beginning around a strain of 0.3 (Figure 
3.10a). A closer examination of the loading curves (Figure 3.10b) shows a linear elastic region prior to 
yielding. The many kinks in the stress-strain curves could be indicative of the imperfections introduced 
during the fabrication process. SEM images of the compressed lattices showed that failure occurred 
primarily by bending at the nodes (Figure 3.11). Also visible are many tears in the graphene layers near 
the nodes (Figure 3.12), where tensile stresses and strains are likely to be the highest for these bending-
dominated lattices. However, there is no discernable fracturing of the underlying Ni-B, nor are there any 
visible failure surfaces in the Ni-B. 
 
Figure 2.10. Mechanical response of Ni-B-based microlattices in compression. (a) Stress-strain curves 
for Ni-B-only lattices (black lines) and Ni-B-graphene composite lattices (red lines). (b) Expanded view 





Figure 2.11. Compression failure of hollow Ni-B-based microlattices. Ni-B-only lattices (a) and Ni-B-
graphene composite lattices (b) both collapsed in a ductile manner. 
 
 
Figure 2.12. Graphene failure in Ni-B-graphene composite microlattices. The red arrows indicate 
tears in the outer graphene layers. Note that the tears occur near the nodes where the tensile stresses 
would be highest in a bending-dominated lattice. The blue arrow indicates a graphene grain boundary. 
 
2.5.3.2 Young’s modulus and strength 
The nominal lattice dimensions from Table D.2 were used to predict the effective Young’s moduli 
and strengths of hollow Ni-B-only and Ni-B-Gr tetrakaidecahedron microlattices. Note that two different 
estimates for the Ni-B-Gr lattice strength were obtained using Eqn. (3.38) (designated Strength Model A), 
which assumes that lattice strength is governed by failure of the outer graphene layer, and Eqn. (3.42) 
(designated Strength Model B), which assumes that lattice strength is governed by failure of the 
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underlying Ni-B. Table 2.1 shows that the analytical models generally overpredicted the corresponding 
experimental data by over an order of magnitude, a result which echoes previous studies of hollow lattices 
comparing beam-theory-based models and experiments (Valdevit et al., 2013). However, one consistent 
trend was that both the experiments and models showed no significant difference in Young’s modulus 
between Ni-B-only and Ni-B-Gr lattices. Additionally, both the experiments and Strength Model A 
showed a significant increase in strength with the addition of graphene. Strength Model B predicted only 
a negligible increase with graphene.  
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 Experiment  Analytic model* 
 Ni-B only Ni-B-Gr P-value  Ni-B only Ni-B-Gr 










[Model A – Eqn. (3.38)] 
 
3.8 
[Model B – Eqn. (3.42)] 
Table 2.1. Comparison of experimental results and analytic predictions for the compressive 
properties of hollow Ni-B lattices with and without graphene coatings. *Analytic model assumes as-
plated electroless Ni-B mechanical properties of ENiB = 120 GPa and 𝜎𝑦,𝑁𝑖𝐵 = 1.2 GPa, which do not 
account for changes in the Ni-B mechanical properties from exposure to high temperatures and diffusion 




2.6.1.1 Cu-graphene microlattices 
A significant challenge of performing graphene CVD on thin microscale structures is simply 
maintaining the integrity of the structures. In our experience with graphene CVD on flat polycrystalline 
Cu foils, the typical low-pressure (~100 mTorr), high-temperature (~1000 °C) conditions caused three 
side effects that could threaten the integrity of the Cu microlattices: 1) grain growth in the Cu as would be 
expected during high-temperature annealing (Atkinson, 1988), 2) sublimation of the Cu which then 
redeposited on the interior of the quartz tube upon cooling, and 3) softening of the Cu which could lead to 
warping and collapse of the structure. Therefore, we chose to perform CVD on the Cu microlattice at a 
temperature of 865 °C – the lowest temperature for which the custom CVD system produced continuous 
monolayer growth on polycrystalline Cu foils (DiMarco, 2020) – in order to minimize the potential 
damage to the microlattice. 
The Cu microlattice did indeed survive the CVD process intact, and the formation of a continuous 
graphene monolayer on the microlattice surface was consistent with previous results for flat Cu foils in 
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the CVD system (DiMarco, 2020). However, even with the lowered temperature there was still significant 
Cu grain growth and discernable warping of the structure due to softening (Figure 3.5). In the time since 
this particular CVD attempt, DiMarco et al. improved their CVD process and achieved continuous 
graphene growth on Cu foils at 865 °C in less than one minute, in contrast to the ~30 minutes that were 
previously needed for continuous graphene. It is likely that this shortened duration will help to reduce the 
effects of high-temperature exposure on the Cu microlattices. This would further allow the use of hollow 
Cu microlattices with even thinner electroless-deposited walls, which as we showed in Chapter 1, tend to 
be more uniform than the thick ~1 to ~5 µm thick walls reported in this study. 
The voids on the surface of the Cu microlattice are likely due to the inherent porosity of electroless-
deposited Cu (Nakahara, 1988). A preliminary study by Prof. Hone’s group showed that these voids could 
be driven out from the microlattice with extended annealing. Thus, it appears that a delicate balance of 
annealing time and temperature will be needed to eliminate the voids while also minimizing Cu grain 
growth and softening. 
 
2.6.1.2 Ni-B-graphene microlattices 
Graphene CVD on Ni and Ni-based materials faces similar challenges as Cu with regards to grain 
growth and softening. However, graphene CVD on Ni can be performed at atmospheric pressures, which 
reduces the risk of sublimation. The Ni-B lattices in our experiments also survived the CVD process 
intact, and the formation of continuous mono- to multi-layer graphene was consistent with the expected 
growth mechanism on Ni and with prior results reported in the literature (Z. Chen et al., 2011; K. S. Kim 
et al., 2009; Reina, Jia, et al., 2009; Yu et al., 2008; Y. Zhang et al., 2010). Similar to the Cu microlattice, 
there was still significant Ni-B grain growth and warping of the structure (Figure 3.6). 
Cebo et al. (2017) identified one possible method to mitigate these effects. They were performing 
graphene CVD on 3D Ni structures with sub-micron unit cells and saw that the high temperatures caused 
the structures to coalesce and lose their intended geometry. To stabilize the structures, they introduced the 
carbon precursor at the start of the ramp up to the annealing and graphene growth temperature. They also 
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noted that structures with larger unit cells on the order of ~100 µm and greater, such as ours, could be 
expected to survive the CVD process intact without requiring this special stabilizing treatment. While 
Cebo et al. are correct that our overall Ni-B structure remained intact, it would be interesting to see if 
their stabilizing technique could reduce the amount of grain growth and overall structural warping. Since 
Cu has a lower carbon solubility and a higher self-diffusivity than Ni at the ~1000 °C temperatures 
required for CVD (Prokoshkina, Esin, Wilde, & Divinski, 2013; Surholt & Herzig, 1997), Cebo et al. 
further suggested that a different stabilizing technique such as plasma-precoating might be required to 
maintain the integrity of Cu structures. 
Similar to electroless Cu, electroless Ni-B is known to have some porosity (Schlesinger, 2011). 
However, there were fewer voids visible on the Ni-B-graphene lattice than on the Cu-graphene lattice. 
This could have been the result of the higher temperature used for graphene CVD on Ni-B (1000 °C for 
Ni-B vs. 865 °C for Cu), which may have driven out the voids more quickly. 
 
2.6.2 Stress-strain behavior and failure mechanisms 
Both electroless Ni-P and Ni-B are brittle materials in their as-plated condition (R. Weil & Parker, 
1990). As a consequence, the Ni-P-plated microlattices in Chapter 1 tended to fail catastrophically 
(Figure 2.7). In contrast, the hollow Ni-B-based lattices – after exposure to high-temperature CVD 
conditions – appear to have failed in a ductile manner (Figure 3.10). These results are consistent with 
reports that high-temperature annealing of electroless- and CVD-deposited Ni-B alloys leads to decreased 
hardness and increased ductility (Campbell, Mullendore, Hills, & Vandersande, 1988; Oraon, Majumdar, 
& Ghosh, 2008; Skibo & Greulich, 1984). Assuming high ductility in the annealed Ni-B, combined with 
the presence of second-phase particles such as Ni3B, one might expect to see evidence of failure from 
void growth to coalescence (Tvergaard, 1989). However, there were no observable fracture surfaces in the 
tested microlattice samples, so further work would be needed to identify the relevant failure mechanisms. 
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Nevertheless, a transition from brittle to ductile behavior could be explained by the expected changes 
to the Ni-B composition and microstructure during annealing. First, it should be noted that the maximum 
solid solubility of boron in nickel is only 0.15-0.3 at% at 1093 °C (R. Weil & Parker, 1990) and thus 
essentially negligible at ambient temperatures (Skibo & Greulich, 1984). Since the electroless Ni-B 
formulation in this study contains 1.34-2.66 at% B, then the as-deposited Ni-B at nearly room 
temperature must be in a supersaturated state. Furthermore, there is insufficient time during the plating 
process for the formation of the intermetallic nickel boride phase (Ni3B) which would be expected in an 
equilibrium state. Instead, the boron atoms are simply trapped between nickel atoms, which limits the 
growth of nickel grains and results in a nanocrystalline, nearly amorphous, structure with brittle 
mechanical behavior (Campbell et al., 1988; R. Weil & Parker, 1990). Upon heating to temperatures of 
300 °C to 400 °C, the deposited film could then be expected to form both crystalline nickel and Ni3B 
phases, resulting in increased hardness. However, annealing at even higher temperatures activates grain 
growth along with precipitation and agglomeration of Ni3B, which then leads to decreased hardness and 
increased ductility (Campbell et al., 1988; Hall, 1951; Oraon et al., 2008; Skibo & Greulich, 1984).  
Graphene, on the other hand, is known to fracture in a brittle manner (Changgu Lee et al., 2008; G.-
H. Lee et al., 2013; Shekhawat & Ritchie, 2016). As a result, we observed tears in the graphene coatings 
around the struts of the crushed Ni-B microlattices (Figure 3.12), although there were no cracks or 
obvious signs of failure in the underlying Ni-B material. It is likely that these tears occurred at graphene 
grain boundaries, which are considered to be weakening defects in polycrystalline graphene (Huang et al., 
2011; G.-H. Lee et al., 2013), although further work would be needed to confirm the grain boundary 
locations. 
It is also difficult to discern from the current data when the graphene tears occurred. The proposed 
strength models assume that graphene governs the lattice strength, so that failure of the outer graphene 
layer immediately precipitates failure of the underlying Ni-B (i.e. the interior core and/or shell layers 
retain their full moment carrying capacity until the outermost shell fails). However, graphene has a high 
failure strain (~10% when assuming linear elasticity), so it is also possible that the graphene fails only 
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after yielding of the underlying Ni-B (i.e. one or more of the interior layers begin to fail and lose their 
moment carrying capacity but do not immediately cause failure of the outermost shell or the overall 
lattice). In this case, it may be more appropriate to develop a bending strength models similar to the one 
proposed by Elchalakani, Zhao, & Grzebieta (2001) for concrete filled steel tubes, which have a brittle 
concrete core encased in a stronger and more ductile steel shell. This model assumes that only a partial 
cross section of the concrete core is acting in compression under bending (the portion of concrete 
subjected to tension has cracked and is ineffective), while the full cross section of the surrounding steel is 
acting both in tension and compression. Further experiments would be required to characterize the Ni-B 
material, elucidate the failure mechanisms of the composite lattices, and identify more accurate models. 
 
2.6.3 Young’s modulus and strength 
Both the Young’s modulus models and the experiments with the Ni-B-based composite 
tetrakaidecahedron lattices indicated that the graphene coatings would have a negligible effect on the 
Young’s modulus. This should be expected because graphene’s contribution to the tetrakaidecahedron 
lattice stiffness reinforcement factor, as shown by Eqn. (3.43), is weighted by its cross-sectional area 
moment of inertia, which is nearly negligible compared to the area moment of inertia of the ~2.5 µm thick 
cylindrical Ni-B shells in our samples. Similarly, graphene’s contribution to the octet lattice stiffness 
reinforcement factor (Eqn. (3.22)) is weighted by its cross-sectional area. As shown in Figure 3.9, the 
thickness of the metal shell 𝑡3 would need to be very small, on the order of ~1 nm in order for graphene to 
have a substantial stiffening effect in either stretching- or bending-dominated lattices. While it is desirable 
to experimentally validate these stiffness reinforcement factor models, the fabrication of hollow 
microlattices with such thin walls, followed by keeping their structure intact through the high 
temperatures of graphene CVD, would be an enormous challenge. 
Strength Model A (Eqn. (3.38)), which assumes failure initiates in the outer graphene layer, 
predicted a 111x increase in strength with the addition of graphene to the Ni-B microlattice. Strength 
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Model B (Eqn. (3.42)), which assumes failure initiates in the Ni-B, predicted only a negligible increase. 
The experimentally observed ~2x increase lies between these two predicted values, which suggests that 
models A and B could be taken as upper and lower bounds on the strengths of these composite lattices. 
We first discuss the results in the context of Strength Model A, which predicted a graphene 
strengthening effect nearly two orders of magnitude greater than the experiments. Part of this discrepancy 
could be attributed to strength-reducing defects in the graphene. The strength of the graphene in Model A 
was assumed to be the intrinsic strength of pristine graphene. However, CVD graphene is known to be 
polycrystalline and thus contains strength-reducing defects such as grain boundaries. While the strengths 
of well-stitched, covalently-bonded graphene grain boundaries can reach more than 85% of graphene’s 
intrinsic strength, some grain boundaries are merely overlaps between adjacent grains and thus have no 
measurable strength (Guin, Raphanel, & Kysar, 2016; G.-H. Lee et al., 2013). Further reductions in 
graphene strength are possible due to point defects such as atomic vacancies (Zandiatashbar et al., 2014).  
Nevertheless, the 111x increase predicted by Strength Model A is likely an overestimate. While 
Model A might ultimately be the appropriate model for these Ni-B-graphene lattices, our currently 
assumed material properties are incompatible with it. Most of the predicted 111x increase stems from two 
assumptions: 1) graphene failure precipitates failure of the composite lattice and 2) there is perfect 
bonding between the graphene and Ni-B. These two assumptions further imply that the underlying Ni-B 
remains intact up to a strain of 10%, which is the failure strain of graphene. Given that ENiB = 120 GPa, 
then the stress within the Ni-B at 10% strain would theoretically be 12 GPa. However, this value is 109x 
greater than the assumed Ni-B tensile strength 𝜎𝑦,𝑁𝑖𝐵 = 0.110 GPa. The main contradiction here is that 
we originally assumed Ni-B to have a much smaller failure strain than graphene ( 𝑦,𝑁𝑖𝐵 =  0.09% vs. 
𝐺𝑟 = 10%), which would dictate that Ni-B failure occurs prior to graphene failure, rather than vice 
versa. 
If the Ni-B does indeed fail prior to the graphene, then Model B predicts a negligible increase in 
strength – the graphene layers have a very small area moment of inertia and contribute to the strength by 
96 
 
only slightly increasing the bending stiffness of the struts. This scenario highlights the possibility that the 
experimentally observed ~2x increase in strength was actually a result of solid solution strengthening and 
not of graphene. During the graphene growth stage of CVD, the Ni-B-Gr lattices were exposed to carbon 
atoms diffusing into the Ni-B bulk. Much of this carbon likely remained trapped during and after the rapid 
cooling stage (Yu et al., 2008). These trapped carbon atoms could then create a strengthening effect by 
impeding the movement of dislocations. For example, Nakada & Keh (1971) showed that the presence of 
1.2 at% C in Ni – equivalent to the solubility of carbon in Ni at 1000 °C (Lander, Kern, & Beach, 1952) – 
could lead to a ~4x increase in critical resolved shear stress compared to pure Ni. Since the Ni-B-only 
microlattices were not exposed to methane, they could not have absorbed a similar amount of carbon 
atoms as the Ni-B-Gr lattices. To properly account for solid solution strengthening, more work would be 
needed to identify the actual concentration of carbon solutes remaining in the Ni-B-Gr lattices after the 
CVD process. 
Another important point to consider is that the Young’s modulus and strength models all greatly 
overpredicted the experimental results. This result is expected since these beam-theory-based analytical 
models cannot account for local deformations and decreased rigidity at the hollow nodes (Valdevit et al., 
2013), as previously discussed in Chapter 1. Numerical models may be required to accurately predict the 
behavior of hollow lattices. The model-experiment discrepancy could also be attributed to defects that 
were introduced into all of the lattices during the fabrication process, including non-uniformity of the 
electroless plating and warping of the structures during graphene CVD. Furthermore, the assumed Ni-B 
properties for this preliminary study are taken from the literature – they do not reflect our specific 
electroless Ni-B composition, nor do they account for the effect of annealing at 1000 °C under CVD 
conditions, which could be expected to significantly alter the mechanical properties of electroless Ni-B 
(Domínguez-Ríos, Hurtado-Macias, Torres-Sánchez, Ramos, & González-Hernández, 2012; Oraon et al., 
2008; R. Weil & Parker, 1990). Clearly, more work is needed to properly characterize the Ni-B material 
under our experimental conditions. As previously stated, a better understanding of these mechanical 




2.6.4 Future directions 
In this work, we assembled graphene in a continuous 3D network by depositing it on a hollow 
metallic microlattice template. Ultimately, our goal is to incorporate the 3D graphene network as 
reinforcement within a polymer matrix. This will require further development of a transfer process for 
removing the metallic microlattice template to leave freestanding 3D graphene and then infusing the 3D 
graphene with a polymer (Z. Chen et al., 2011). Chen et al. (2011) have demonstrated this process using a 
few-layer-thick graphene network deposited on Ni foam substrates. However, they reported poor results 
with Cu foam because the monolayer graphene network (a result of CVD on the Cu substrates) collapsed 
after removal of the metallic template, likely due in part to a lack of bending rigidity in the monolayer 
graphene. In terms of studying the mechanical reinforcing effects of graphene, it is desirable to develop a 
successful transfer approach for Cu substrates because the monolayer graphene growth mechanism on Cu 
is more well-controlled and repeatable than the inhomogeneous multi-layer graphene growth mechanism 
for Ni-based materials. 
Other important considerations include the design and reinforcing performance of the graphene 
network. Gong et al. (2010, 2012) studied the reinforcing effect of graphene in a layered polymer 
composite with poly(methyl methacrylate) (PMMA) and SU-8 and showed that a single layer of graphene 
– which we have shown can be produced via CVD on Cu substrates – had good stress transfer to the 
surrounding PMMA up to small strains of 0.4%. Interestingly, the use of bilayer graphene had a greater 
reinforcing effect than monolayer graphene. Generally, multiple layers of graphene are bonded by weak 
van der Waals forces which lead to poor stress transfer and failure by shearing between layers (Gong et 
al., 2012; Y. Y. Zhang, Wang, Cheng, & Xiang, 2011). However, the two-fold increase in graphene layers 
resulted in a higher volume fraction of graphene in the composite, while both layers also maintained 
contact and good stress transfer on one side with the surrounding PMMA, thus increasing the effective 
Young’s modulus of the nanocomposite. With the introduction of a third graphene layer, some of the 
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reinforcing efficiency was lost due to slippage and poor stress transfer at the internal graphene-graphene 
interfaces. The bond strength between graphene and the surrounding polymer matrix can also be 
improved by various functionalization techniques (X. Sun et al., 2021). 
An alternative approach to fabricating the metallic lattice templates used for graphene CVD is a 
technique called two-photon templated electrodeposition (2PTE) (Aksit et al., 2021). This process uses 
two-photon lithography to create a negative polymeric mold of the desired structure, which is then filled 
with metal via electrodeposition. Thus, it may be used to create metallic lattices with struts that are fully 
solid, rather than hollow (Wendy Gu & Greer, 2015). With fully solid lattice struts, the subsequent 
graphene deposition would occur only on the lattice’s outer surface, rather than on both an inner and outer 
surface as would be expected with hollow lattices. This could potentially simplify both the graphene 
transfer process and the study of graphene’s reinforcing effects. 
 
2.7 Summary and conclusions 
The initial study in Chapter 1 was focused on octet and tetrakaidecahedron lattices with a polymer 
core and metal shell. However, our proposed framework could in principle be applied to composite 
lattices with arbitrary strut cross-sections, including hollow struts. To demonstrate this, we further 
extended our work to include hollow metal microlattices coated with graphene. Since the graphene 
coatings are conformal to the topology of the microlattices, this work also represents a framework for the 
extension of graphene – a 2D material – into architected 3D configurations.  
The fabrication results show that graphene can indeed be deposited on 3D metallic substrates, 
using similar deposition parameters as with traditional flat substrates such as Cu and Ni foils. However, 
further work is needed to control grain growth, eliminate the appearance of holes in the Cu-graphene 
microlattices and to control the thickness of deposited graphene in the Ni-B-graphene microlattices. 
Regarding the mechanical properties of these hollow lattices, both the proposed analytical models and the 
preliminary experiments, with Ni-B-only and graphene-coated Ni-B-Gr lattices, showed some consistency 
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– the addition of graphene significantly increased the lattice strength but did not change the Young’s 
modulus. However, further work is needed to improve the quality of the Ni-B-based lattice samples and to 
isolate the effects of the graphene growth process on the mechanical properties of the underlying Ni-B. 
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A healthy heart contains four valves: the aortic, pulmonary, mitral, and tricuspid valves (Agur & 
Dalley, 2018). The aortic valve separates the left ventricle of the heart from the aorta, which carries blood 
from the heart to the vessels throughout the body, and forms part of the left ventricular outflow tract 
(LVOT). The pulmonary valve separates the right ventricle of the heart from the pulmonary artery, which 
carries blood from the heart to the lungs, and forms part of the right ventricular outflow tract (RVOT). 
The aortic and pulmonary valves are collectively known as semilunar valves due to the semicircular shape 
of the valve leaflets. The mitral valve separates the left atrium from the left ventricle, while the tricuspid 
valve separates the right atrium from the right ventricle. The mitral and tricuspid valves are collectively 
known as the atrioventricular valves, and their leaflets are attached via chordae tendineae to the papillary 
muscles of the heart. 
There have been many attempts to design and manufacture prosthetic heart valves that can function 
as effectively and reliably as native valves. Decades of research and development have shown that this is 
an extremely challenging task (Deon Bezuidenhout, Williams, & Zilla, 2015). Heart valves operate in a 
demanding environment, and in response, nature has evolved a complex hierarchical architecture 
specially suited to maintain valve function for many decades. Additionally, recent studies of valvular cells 
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have shown that heart valves are not purely passive devices and that valve homeostasis and remodeling is 
a complex and active mechanical and biological phenomenon (Arjunon, Rathan, Jo, & Yoganathan, 
2013). Thus, the mechanical characteristics of native valves are extremely difficult to replicate, and 
current state-of-the-art mechanical and bioprosthetic valves continue to be plagued by the same types of 
complications (thrombosis, calcification, structural valve degeneration, pannus, material failure) that beset 
the first human-implanted caged-ball valves over 60 years ago (Butany et al., 2002). As of 2015, there 
were an estimated 75,000 prosthetic valves implanted in the U.S. each year, and 170,000-250,000 
worldwide (F. J. Schoen & Butany, 2016). The current standard of care offers patients a choice between 
mechanical and bioprosthetic valves. In 2006, ~78% of aortic valve replacements were bioprosthetic and 
~21% were mechanical (Brown et al., 2009). As of 2015 there continues to be a trend towards increasing 
use of bioprosthetics, which has been accelerated by the success of transcatheter aortic valve 
replacements (TAVR) (Brown et al., 2009; Culler et al., 2018). 
Mechanical valves are generally made in a tilting-disk configuration, with one or two rigid leaflets 
that rotate on hinges. The leaflets, also known as occluders, are constructed either entirely from pyrolytic 
carbon or from graphite coated with pyrolytic carbon. These types of valves are generally very durable, as 
pyrolytic carbon is strong and quite resistant to abrasion and fatigue (Kaae, 1971; F. J. Schoen, Titus, & 
Lawrie, 1982; H. S. Shim & Schoen, 1974; Hong S. Shim, 1974). Wear testing of St. Jude Medical 
mechanical valves has predicted that the pyrolytic carbon coating on the valves could last well over 200 
years (Elizondo, Boland, Ambrus, & Kurk, 1996). Clinically, bileaflet mechanical valves have 
demonstrated durability beyond 30 years, with low rates of valve-related mortality (Saito et al., 2016). 
However, due to the brittle nature of the material, fracturing of the leaflets, struts, or housings of 
implanted mechanical valves has occurred on rare occasions (F. J. Schoen & Butany, 2016). A significant 
disadvantage of mechanical valves is the non-physiological hemodynamics created by the geometry of the 
valves coupled with the rigidity of the synthetic materials. Since blood flow must separate as it passes by 
the leaflets, this results in areas of stasis distal to the orifice and the leaflets (Yoganathan, Corcoran, 
Harrison, & Carl, 1978) as well as regions of high shear stress (Dasi, Simon, Sucosky, & Yoganathan, 
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2009), creating conditions that precipitate thrombosis and require the patient to undergo lifelong 
anticoagulation therapy (Iung & Rodes-Cabau, 2014). Additionally, increased forces on the aortic wall 
due to abnormal flow patterns can induce the altered expression of extracellular matrix proteins, resulting 
in vascular remodeling, aortic dilatation, and possible aneurysm development (Den Reijer et al., 2010; 
Girdauskas, Borger, Secknus, Girdauskas, & Kuntze, 2011). 
Bioprosthetic valves (BHVs) are constructed from porcine valve or bovine pericardial tissue (F. J. 
Schoen & Butany, 2016). The geometry and mechanical properties of animal valves are similar to those 
of humans. Consequently, they provide the advantages of physiological flow patterns and low 
thrombogenicity compared to mechanical valves. Durability in adults has reached up to ~20 years, but is 
largely limited by the onset of structural valve degeneration (SVD), which is characterized by thickening, 
calcification, tearing, or other disruptions to the leaflet tissue leading to stenosis or regurgitation 
(Bourguignon et al., 2015; David, Armstrong, & Maganti, 2010; Dvir et al., 2018). Likely mechanisms 
for SVD include tissue processing conditions and imperfections in valve design, which cause collagen 
fiber disruption and create regions of high mechanical stress (Dvir et al., 2018; Hasan, Ragaert, et al., 
2014; F. J. Schoen & Butany, 2016; Frederick J. Schoen & Levy, 1999). For example, the use of sutures 
to affix pericardial bioprostheses to stents has been shown to result in tearing of the leaflets at the free 
edge near the stent posts (F. J. Schoen, Fernandez, Gonzalez-Lavin, & Cernaianu, 1987). Also, the most 
common preservative for bioprosthetic tissues is glutaraldehyde, which has been shown to adversely 
affect the shear and flexural properties of the tissue (Neil D. Broom, 1980; Lovekamp et al., 2006; 
Simionescu, Lovekamp, & Vyavahare, 2003; Eric A. Talman & Boughner, 1995, 2001). This leads to 
increased internal stresses, which have been correlated with increased calcification and reduced fatigue 
life (Mano J. Thubrikar, Aouad, & Nolan, 1986; Vesely & Boughner, 1989; Vesely & Noseworthy, 
1992). Moreover, glutaraldehyde fixation and storage lead to the formation of free aldehydes in the tissue 
that bind to calcium in vivo (Rodriguez-Gabella, Puri, Voisine, Rodés-Cabau, & Pibarot, 2017). 
Thus, despite being considered the “gold standard” in heart valve replacements, neither mechanical 
nor bioprosthetic valves are ideal solutions. 
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The concept of tissue engineered heart valves (TEHV) offers the greatest potential for developing a 
durable valve replacement, since the theoretical result of the tissue engineering process is a completely 
biological valve, grown with the patient’s own cells. In the initial paradigm of tissue engineering, a 
biodegradable valve-shaped scaffold is seeded with cells, matured in vitro in a bioreactor and then 
implanted in the patient so that leaflet tissue can grow naturally. Nevertheless, tissue-engineered valves 
still have major shortcomings, including insufficient structural stability of the leaflets and an uncontrolled 
balance between polymer biodegradation and extracellular matrix formation, which ultimately leads to 
failure of these constructs (Hasan, Memic, et al., 2014). 
Flexible leaflet polymeric prosthetic heart valves are a promising and more affordable alternative to 
TEHV and bioprosthetic valves (D. Bezuidenhout et al., 2015). Raw polymer materials can be designed to 
more closely match the material properties of native tissue, and polymer films can easily be formed into 
geometries permitting physiological flow. Thus, polymeric valves have the potential to be more durable 
than bioprosthetic valves while avoiding the long-term anticoagulation treatment that is required for 
mechanical valves. Additionally, typical polymer valve fabrication techniques such as dip molding and 
compression molding are already well-studied and widely used in the plastics industry. A plethora of 
biocompatible and biostable polymers have shown promise in polymeric valve applications. These 
include both polymers that are commercially available, such as Estane® (G. M. Bernacca, Mackay, 
Wilkinson, & Wheatley, 1995; Gillian M. Bernacca, O’Connor, Williams, & Wheatley, 2002; Mackay, 
Wheatley, Bernacca, Fisher, & Hindle, 1996; Wheatley et al., 2000), TecothaneTM (Butterfield, Wheatley, 
Williams, & Fisher, 2001), Elast-EonTM (Gillian M. Bernacca et al., 2002; Wheatley et al., 2000), and 
Gore-Tex® (Ando & Takahashi, 2009; B. Zhang et al., 2014), and polymers that have been developed at 
the investigative level, including ADIAMat (DAEBRITZ et al., 2004; Daebritz, 2003), xSIBS (T. E. 
Claiborne, Xenos, et al., 2013; Oren M. Rotman, Kovarovic, Bianchi, Slepian, & Bluestein, 2019), and 
POSS-PCU (Kidane, Burriesci, Edirisinghe, & Ghanbari, 2009; B. Rahmani et al., 2016a). However, 
challenges with durability remain. There have been few examples of human implantation, and 
commercial usage of polymeric valves has been limited to ventricular assist devices (VADs). The 
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remaining mismatch with the complex mechanical properties of native valve tissue, in conjunction with 
imperfect valve geometry and surface morphology, appears to be a major underlying cause of structural 
degeneration of the polymer material, calcification, thrombosis, and overall limited durability during in 
vivo experiments (G. M. Bernacca et al., 1995). The aim of this review is to inform the reader of 
important mechanical considerations when designing flexible leaflet polymeric devices. This includes 
comprehensive knowledge of the structure and mechanical properties of native heart valves, techniques 
for evaluating polymer mechanical properties, valve geometry, and manufacturing methods. We will 
focus on valves with the trileaflet configuration (aortic and pulmonary), but also discuss data related to 
the atrioventricular valves (mitral and tricuspid) when it is instructive. 
 
3.2 Native valve properties 
3.2.1 Structure and composition of semilunar native leaflet tissue 
The largely passive nature of a heart valve leaflet belies a complex macro- and microstructure that is 
critical to maintaining good valve function through the billions of cycles in a person’s lifetime. Briefly, 
pulmonary valve (PV) and aortic valve (AV) leaflets can be described as having four macroscopic 
regions: the hinge, belly, coapting surface, and the lannula which includes the nodulus of Morgagni 
(pulmonary valve) or of Arantius (aortic valve) (Misfeld & Sievers, 2007). Cutting a cross-section of 
leaflet tissue reveals three primary layers - the fibrosa, spongiosa, and ventricularis (Doehring et al., 
2005). The fibrosa functions as the main load bearing layer, and the ventricularis helps to reduce strain 
when the valve is fully opened. The spongiosa is traditionally thought to serve as a lubricating buffer 
layer between the fibrosa and ventricularis. The five main building blocks of these layers are collagen, 
elastin, glycosaminoglycans (GAGs), valvular interstitial cells (VICs), and valvular endothelial cells 
(VECs). 
The fibrosa is located on the arterial side of the leaflet. As the main load bearing layer, it is the 
thickest of the three layers and extends over the entire leaflet surface (Hasan, Ragaert, et al., 2014; 
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Misfeld & Sievers, 2007; M. S. Sacks, David Merryman, & Schmidt, 2009). Aptly named, it consists 
mainly of a dense network of type I collagen fibers arranged mostly in the circumferential direction, along 
with some collagen fibers arranged radially (Hasan, Ragaert, et al., 2014). The circumferential collagen 
bundles transfer most of the load during diastole from the leaflets to the arterial wall, and they are 
embedded within a characteristic series of macroscopic folds of the fibrosal layer, which appear as 
corrugations that run parallel to the free edge (Misfeld & Sievers, 2007; Vesely & Noseworthy, 1992). 
Doehring et al. showed that collagen bundles within the leaflet comprise only part of a complex collagen 
mesostructure, which also includes membranes, pinnate fiber structures, and fractal-like branching 
patterns (Doehring et al., 2005). Elastin in the fibrosa is arranged primarily in the form of tubes that 
surround the circumferential collagen bundles, along with some loosely arranged radial elastin fibers (M. 
J. Scott & Vesely, 1996; M. Scott & Vesely, 1995). 
The ventricularis is located on the ventricle side and consists of collagen and sheets of fine elastin 
fibers, both aligned mostly in the radial direction with some in the circumferential direction as well (Clark 
& Finke, 1974a, 1974b; M. J. Scott & Vesely, 1996; Vesely, 1998). The radial fiber arrangement in this 
layer acts to limit radial strains during leaflet opening and helps the leaflet return to the closed position 
(Vesely, 1998). The ventricularis also thickens near the free edge of the leaflet to form the lannula and 
noduli (Gross & Kugel, 1931). 
The spongiosa is made primarily of hydrophilic GAGs, which can combine with proteins to form 
proteoglycans (PGs) (Grande-Allen et al., 2004). It also contains extensive collagen fiber and elastin 
interconnections which appear to bind the fibrosa and ventricularis (Stella & Sacks, 2007; Tseng & 
Grande-Allen, 2011). The spongiosa is thought to act as a buffer layer to permit shearing and deformation 
between the outer layers (Grande-Allen et al., 2004; Lovekamp et al., 2006; Simionescu et al., 2003; E. A. 
Talman, 1996; Eric A. Talman & Boughner, 1995, 2001). GAGs have been shown to have a damping 
effect, so the spongiosa may also have a role in reducing leaflet flutter during forward flow (Eckert et al., 
2013). However, some flexural testing data has shown a continuous transmural strain distribution from 
the fibrosa across to the ventricularis, suggesting that the spongiosa is not a separable layer with distinct 
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mechanical properties but rather a transition region which functions only to resist delamination between 
the two outer layers (M. S. Sacks et al., 2009; Stella & Sacks, 2007).  
Two main cell types, endothelial cells (VECs) and interstitial cells (VICs), help to maintain valve 
function through their chemical and mechanical responses to biomechanical stimuli (Arjunon et al., 
2013). VECs are oriented circumferentially over both the arterial and ventricular surfaces of the leaflet 
(Deck, 1986; Misfeld & Sievers, 2007). Their function is to regulate interactions between blood flow and 
VICs, including metabolic and inflammatory processes (Leask, Jain, & Butany, 2003). They have also 
been shown to have an active role in regulating the mechanical properties of leaflet tissue through 
interactions with VICs, impacting tissue stiffness by up to 30% (El-Hamamsy, Balachandran, Yacoub, 
Yoganathan, & Chester, 2009; C. A. Simmons, 2009). Endothelial cells in vascular tissue are typically 
elongated in the direction of blood flow, but on valve leaflets their circumferential arrangement appears to 
be more closely related to leaflet stresses and tissue mechanics under diastolic loading, rather than 
hemodynamic forces (Deck, 1986). 
VICs are located throughout the fibrosa, spongiosa and ventricularis. They encompass multiple 
phenotypes that are regulated through interactions with VECs. These phenotypes include smooth muscle 
cells, fibroblasts that secrete the collagen, elastin, and GAGs that comprise the valvular extracellular 
matrix (ECM), and myofibroblasts that exhibit characteristics of both muscle cells and fibroblasts (Bairati 
& DeBiasi, 1981; Brand, Roy, Hoare, Chester, & Yacoub, 2006; Butcher & Nerem, 2006; G. I. Gabbiani, 
Majno, & Ryan, 1973; G. Gabbiani, Ryan, & Majno, 1971; Merryman, Huang, Schoen, & Sacks, 2006). 
The phenotype of the myofibroblasts is thought to be plastic and reversible, as fibroblasts have been 
shown to trans-differentiate into myofibroblasts in response to biophysical stimuli (Brand et al., 2006; G. 
I. Gabbiani et al., 1973; G. Gabbiani et al., 1971; Rabkin-Aikawa, Aikawa, et al., 2004). In addition to the 
synthesis of valvular extracellular matrix (ECM) molecules, VICs facilitate ECM remodeling and repair 
through the expression of matrix-degrading enzymes and their inhibitors (Merryman et al., 2006; Rabkin-
Aikawa, Aikawa, et al., 2004; Rabkin-Aikawa, Farber, Aikawa, & Schoen, 2004). VICs demonstrate 
contractile behavior in response to vasoactive agents with measurable effects on leaflet stiffness (El-
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Hamamsy et al., 2009; Kershaw, Misfeld, Sievers, Yacoub, & Chester, 2004; Merryman et al., 2006). It 
has been speculated that VIC contraction may also facilitate cell-to-cell communication and serve a role 
in maintaining leaflet homeostasis (Filip, Radu, & Simionescu, 1986; Merryman et al., 2006; Messier et 
al., 1994; Mulholland & Gotlieb, 1996). 
Clark and Finke showed that the thickness of the human AV leaflet varies greatly across the surface, 
from 1760 µm at the noduli to 177 µm in the belly region, where it can be nearly transparent (Clark & 
Finke, 1974b, 1974a). While PV and AV leaflets share the same basic structure, the primary difference is 
that AV leaflets are significantly thicker (Gross & Kugel, 1931; Joyce, Liao, Schoen, Mayer, & Sacks, 
2009; Leeson-Dietrich, Boughner, & Vesely, 1995). The intraluminal pressures in the aorta range 
between 120 mmHg in systole and 80 mmHg in diastole, while the corresponding values for the 
pulmonary artery are much lower at 25 mmHg and 8 mmHg (Guyton & Hall, 2016). Accordingly, 
Stradins et al. measured total leaflet thickness in human valves to be greater for AV leaflets (605 ± 196 
µm) than PV leaflets (397 ± 114 µm) (Stradins et al., 2004). Joyce et al. showed that in porcine valves, 
most of this difference in thickness can be attributed to the fibrosa and ventricularis (Table 3.1). They also 
measured the decrease in leaflet thickness as transvalvular pressure was increased from 0 to 90 mmHg. 
The fibrosa and spongiosa contributed the most to the decrease in total thickness, while the decrease in 
























Low pressures (PV) 265.7 ± 11.6 115.6 ± 4.7 88.3 ± 4.1 55.8 ± 3.9 43.8 ± 2.3 33.4 ± 2.0 20.7 ± 1.3 
High pressures (PV) 188.8 ± 8.5 80.8 ± 5.1 58.7 ± 3.2 49.3 ± 1.9 42.6 ± 2.7 31.0 ± 1.6 26.4 ± 2.1 
Low pressures (AV) 388.7 ± 21.7 262.2 ± 18.0 81.6 ± 1.0 89.9 ± 6.9 68.6 ± 10.6 21.8 ± 2.3 23.3 ± 2.6 
High pressures (AV) 228.8 ± 9.3 142.7 ± 6.9 35.8 ± 3.7 60.9 ± 6.9 63.1 ± 6.0 15.0 ± 2.5 26.0 ± 4.0 
Table 3.1. Change in thickness of leaflets and individual layers with increase in transvalvular 
pressure (Joyce et al., 2009). Table reprinted with permission from Elsevier. 
 
3.2.2 Mechanical properties of semilunar native leaflet tissue 
3.2.2.1 Mechanical environment 
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In terms of mechanical loading, heart valve leaflets are subjected to a cycle of flexure (leaflet 
opening), shear (flow of blood through the valve), flexure (leaflet closing) and tension (leaflets 
suppressing backflow of blood). To determine the in vivo stresses due to these cycles of loading, 
Thubrikar et al. recorded the geometrical changes of the leaflet using radiopaque markers placed on the 
AV leaflets of dogs (Deck, Thubrikar, Schneider, & Nolan, 1988; M. J. Thubrikar, Piepgrass, Deck, & 
Nolan, 1980; M. Thubrikar, Piepgrass, Bosher, & Nolan, 1980). Among many other measurements, the 
authors found that the angle of rotation around the base of the leaflet in the radial direction was 75°, 
measured from mid-diastole to mid-systole. The angle of rotation around the commissures in the 
circumferential direction was 81°, while the circumferential curvature at the leaflet midsection changed 
from 0.11 mm-1 (diastole) to -0.10 mm-1 (systole). These values were later corroborated by Sugimoto and 
Sacks for porcine AVs, with an 80° circumferential angle of rotation and circumferential curvatures of 
0.186 mm-1 (diastole) and -0.142 mm-1 (systole) (Sugimoto & Sacks, 2013). 
From these recorded changes in curvature, Thubrikar et al. first calculated bending stress and then 
superimposed membrane stress to obtain the total stress. The baseline membrane stress 𝜎𝑐 along the 






where P is the transvalvular pressure, R is the radius of curvature of the leaflet, and t is the mean 
thickness of only the fibrosa, which is the main flexural layer since the ventricularis and spongiosa are 
assumed not to sustain bending stress. The radial membrane stress 𝜎𝑟 was approximated as the 






Using P = 80 mmHg, R = 9 mm, t = 0.11 mm circumferentially, and t = 0.12 mm radially, the 
resulting values for membrane stress in diastole were 854 kPa circumferentially and 406 kPa radially. 
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Then, superimposing bending stresses due to changes in leaflet curvature, it was shown that the total 
stress in diastole ranged from 760-950 kPa circumferentially and 370-440 kPa radially across the 
thickness of the fibrosa. The stresses in systole were assumed to be negligible due to the small pressure 
gradient and small radius of curvature of the leaflet. 
Christie estimated the radial stress near the center of the AV leaflet in diastole using Eq. (2), with P 
= 80 mmHg, R = 10 mm, and t = 0.5 mm, yielding a stress of 106 kPa. However, it was assumed that only 
half of the leaflet thickness was load-bearing, so the final stress estimate was 200 kPa (Christie, 1992). 
Parfeev et al. followed the same formula, but used pressures of 120 mmHg for the AV and 30 mmHg for 
the PV, a leaflet thickness of 0.25 mm, and curvatures of 10-20 mm, resulting in physiological radial 
stress estimates of 320-640 kPa for the AV and 80-160 kPa for the PV (Parfeev, Grushetskii, & Smurova, 
1983). 
Cataloglu et al. used stereophotogrammetry to obtain a three-dimensional description of a human AV 
in the closed position, then performed finite element analysis using thin shell elements. The maximum 
principal stresses in diastole were found to be in the circumferential direction in the non-coronary leaflet 
and ranged between ~460-550 kPa. Maximum principal stresses in the coronary leaflets ranged between 
~320-420 kPa (Cataloglu, Clark, & Gould, 1977; Clark, Karara, Cataloglu, & Gould, 1975). It is 
important to note that these models assumed material homogeneity and isotropy, while the native leaflet is 
a complex structure and cannot truly be modelled with a single homogeneous material. However, these 
values are useful as estimates to inform the design of prostheses. To capture some of the heterogeneity of 
the AV leaflet, Rego and Sacks developed a functionally graded model (FGM), where the properties of 
the leaflet vary along the transmural direction z but are homogeneous at any z location. At end-diastole, 
the FGM predicted leaflet stresses to peak at ~200 kPa in the fibrosa in both the radial and circumferential 
directions and again at ~200 kPa in the ventricularis in the radial direction. Near the center of the 
thickness of the spongiosa, the stress in both directions dropped to a minimum of less than 50 kPa (Rego 
& Sacks, 2017). 
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In addition to these internal stresses, hemodynamic forces also impose surface stresses on valvular 
leaflets. Weston et al. used laser Doppler velocimetry to calculate the maximum shear stress on the 
ventricular surface of a polyurethane valve leaflet to be 79 dyne/cm2 (Weston, LaBorde, & Yoganathan, 
1999). Yap et al. used a similar technique on a glutaraldehyde-fixed porcine valve, finding maximum 
shear stresses of 70 dyne/cm2 on the ventricular surface during systole and 23 dyne/cm2 on the fibrosal 
surface during diastole (C. H. Yap, Saikrishnan, Tamilselvan, & Yoganathan, 2012; Choon Hwai Yap, 
Saikrishnan, & Yoganathan, 2012). 
There is significant regional variation and directional dependency in strain across the leaflet 
(Aggarwal et al., 2016; Lo & Vesely, 1995; Weiler, Hwai Yap, Balachandran, Padala, & Yoganathan, 
2011). Lo and Vesely subjected porcine AVs to a series of static pressure loadings, ranging from 0 to 130 
mmHg (Lo & Vesely, 1995). At 80 mmHg, they found maximum radial strains of ~33% at the center of 
the leaflet nearer the noduli and maximum circumferential strains of ~15% near the commissures. 
Minimum radial strains of ~13% occurred near the commissures and minimum circumferential strains of 
~6% occurred at the center of the leaflet nearer the base. Beyond 80 mmHg, the leaflet tissue appeared to 
lock up and did not stretch significantly further. Aggarwal et al. calculated the in vivo surface strains of 
human AV leaflets using 3D transesophageal echocardiography (Aggarwal et al., 2016). From the open to 
the closed configuration, a maximum radial strain of ~50% occurred at the leaflet base nearer the 
ventricle, and a maximum circumferential strain of ~50% occurred near the commissures. Minimum 
radial and circumferential strains of ~20% and ~10%, respectively, occurred along the middle of the free 
edge, away from the commissures. Across the whole leaflet, the strain in the radial direction was 
generally larger than in the circumferential direction, except at the commissures. These results are 
qualitatively consistent with porcine AV data obtained in vitro via stereophotogrammetry and under 
pulsatile flow by Weiler et al. (Weiler et al., 2011). The maximum radial strains were ~30% at the 
coaptation area and at the leaflet base nearer the ventricle, and the maximum circumferential strains were 
~20% near the commissures, with all maximum strains occurring at peak diastole. It is unlikely that the 
differences in strain values between the studies are due to loading conditions (i.e. static pressure loading 
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vs. pulsatile flow) since leaflet tissue is known to have little strain-rate dependency when loaded 
biaxially, as we will discuss later. Instead, these variations might be attributed to other experimental 
conditions such as species of sample (e.g. human in Aggarwal et al. vs. porcine in Weiler et al.) and 
imaging technique and analysis. 
Due to the dynamic leaflet movements and high rates of deformation during normal valve function, 
accurate estimates of strain rates are integral to an understanding of leaflet tissue mechanics. Since local 
strains vary widely across the leaflet, local strain rates will necessarily vary as well. Missirlis estimated 
the maximum radial strain rate in the leaflets to be 2.5 s-1, based on a valve closure time of 0.04 seconds 
and a maximum radial strain during closure of 10%, as measured during static pressure loading on human 
AVs in vitro (Missirlis, 1974). However, this radial strain measurement was based on a planar projection 
of the leaflets and does not agree with the maximum strain measurements discussed previously (Aggarwal 
et al., 2016; Lo & Vesely, 1995; Weiler et al., 2011), which were based on three-dimensional data and 
likely to be more accurate. Additionally, a later study by Missirlis and Chong, using similar static 
pressure loading conditions but with imaging by stereophotogrammetry, found radial strains to be much 
higher than 10% in many areas of the porcine AV non-coronary leaflet (Missirlis & Chong, 1978). In 
contrast to the initial study by Missirlis, high-speed in vivo imaging of canine leaflets by Thubrikar et al. 
showed circumferential strains of 10.1% and radial strains of 30.8% during a valve closure time of 20-25 
milliseconds. This corresponds to circumferential and radial strain rates of 4.4 ± 0.8 s-1 and 12.4 ± 1.6 s-1, 
respectively (Stella, Liao, & Sacks, 2007; M. J. Thubrikar, 1990). Since the measurements of Thubrikar et 
al. were based on three-dimensional geometric analysis of video taken from four different angles, their 
estimates of physiological strain rates are likely to be more reliable than that of Missirlis. 
 
3.2.2.2 Micromechanics 
As previously mentioned, the primary building blocks of leaflet tissue include collagen, elastin, and 
GAGs. Collagen fibers have a hierarchical structure, with collagen fibrils bound together by 
proteoglycans to form fibers (J. Liao, Yang, Grashow, & Sacks, 2007). Circumferential bundles of 
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collagen fibers in the fibrosa transfer the bulk of the load during diastole from the leaflets to the arterial 
wall (Misfeld & Sievers, 2007). Load on the leaflets is initially carried by the elastin while the continued 
stretching of the leaflet tissue causes the collagen fibers, which are initially crimped in a wavy 
configuration, to uncrimp. Once uncrimped, the load transfers to these much stiffer and less extensible 
collagen fibers, which resist further deformation. Upon unloading, the elastin tubes and fibers have the 
role of returning the collagen fibers to their crimped configuration (Adamczyk, Lee, & Vesely, 2000; 
Balguid et al., 2007; M. Scott & Vesely, 1995; Vesely, 1998). The collagen and elastin in the ventricularis 
act together in a similar manner, although the primary fiber orientation is radial, rather than 
circumferential. As the ventricularis is stretched radially during systole, the crimped collagen fibers 
become fully extended, limiting the leaflet radial strains, while the elastin helps the leaflet contract back 
from the stretched position (Vesely, 1998). A schematic stress-strain curve describing this loading 
behavior (Figure 3.1a) shows four main regions: (a) a low stress-low strain linear elastic regime where 
the load is carried by compliant elastin fibers while the collagen fibers are uncrimping, (b) a highly non-
linear transition regime likely representing the transfer of load from elastin to collagen, (c) a more linear 
elastic regime of increased stiffness dominated by the relatively inextensible collagen fibers, and (d) 
yielding and failure of the elastin and collagen fibers (Clark, 1973; Hasan, Ragaert, et al., 2014; Mavrilas 
& Missirlis, 1991).  
  
Figure 3.1. Mechanical behavior of semilunar heart valve leaflets. (a) Typical stress-strain curve from 
uniaxial tensile loading of soft biological tissues, including heart valve leaflets (Hasan, Ragaert, et al., 
2014; Mavrilas & Missirlis, 1991). (b) Uniaxial stress–strain curves for human PV and AV leaflets (P1/P2, 
PV leaflets in circumferential/radial direction; A1/A2, AV leaflets in circumferential/radial direction) 
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(Stradins et al., 2004). (c) Uniaxial stress-strain curves for human AV leaflets showing the influence of 
differing strain rates (Mavrilas & Missirlis, 1991). Figures reprinted with permissions from Elsevier and 
Oxford University Press. 
 
Joyce et al. documented the changes in collagen fiber crimp, as well as fiber alignment, in porcine 
AV and PV leaflets as transvalvular pressure was increased from 0 to 90 mmHg (Joyce et al., 2009). 
Crimp was quantified using polarized light microscopy, which produced periodic light-distinguishing 
bands that correspond to the crimp period, defined as the distance between two adjacent crimp peaks. In 
the unloaded state (0 mmHg), both the AV and PV showed collagen crimp periods of ~12 µm. As 
pressure was increased from 0 mmHg, the AV showed a large increase in crimp period up to 4 mmHg, 
which is just enough pressure to induce coaptation for both types of valves, while the PV showed a large 
increase up to 20 mmHg. Beyond these pressures, there were minimal additional increases in crimp 
period for both the AV and PV. Additionally, at 0 mmHg, ~60% and ~40% of the areas of the belly 
regions of the AV and PV, respectively, contained visibly crimped structures. At 90 mmHg, this value 
had reduced to 6% for both the AV and PV. 
The alignment of the collagen fibers was quantified using small angle light scattering (SALS). In this 
technique, a laser is passed through the tissue specimen, producing a scattered light pattern representing 
the distribution of fiber angles. An orientation index (OI) was defined as the angle that contains one half 
of the total area under the scattered light pattern distribution. These values were then converted to a 
normalized orientation index (NOI), such that the NOI ranged from a value of 0% for a randomly aligned 
fiber network to 100% for a perfectly aligned network. At 0 mmHg, the NOI, or degree of fiber 
alignment, was consistently ~35% for the AV and ~50% for the PV across several regions of the leaflets. 
As the pressure was increased from 0 to 4 mmHg, there was a significant increase in NOI in both types of 
valves. Similar to the behavior of the crimp period, fiber alignment did not increase significantly beyond 
4 mmHg in the AV and 20 mmHg in the PV. At 90 mmHg, both valves had approximately the same NOI 
around 60%. These results for both crimp and fiber alignment are consistent with the observed stress-
strain behavior of leaflet tissue. The large increases in crimp period and fiber alignment from zero to low 
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pressures correspond to the elastin-dominated regime of the stress-strain curve (Figure 3.1a), with high 
extensibility at low stresses, while the minimal increases in crimp period and fiber alignment at higher 
pressures correspond to the stiffer, collagen-dominated regime with low extensibility and rapidly 
increasing stress. 
Collagen cross-links are also thought to have a significant role in leaflet mechanics, and they may 
even serve as a better indicator of leaflet behavior than a simple measurement of collagen content. While 
studying the relationships of collagen cross-links and collagen content with the mechanical behavior of 
human AV leaflets, Balguid et al. found a significant positive correlation between the leaflet modulus of 
elasticity, extracted from the linear portion of the stress-strain curve, and collagen cross-link 
concentration in the circumferential direction (Balguid et al., 2007). In contrast, there was no correlation 
between modulus and collagen content. There was also no correlation in the radial direction between 
modulus and cross-link concentration or between modulus and collagen content. Since collagen is a 
primary load-bearing element in the circumferential direction, but not radially, these findings suggest that 
the collagen cross-links must act in conjunction with the predominant collagen fiber orientation to have 
an effect. Thus, it was emphasized that the entire collagen architecture, including collagen content, cross-
links, and fiber orientation, must be considered as a whole. 
While most studies of leaflet properties utilize intact leaflets, Vesely and Noseworthy performed an 
interesting experiment with porcine AV leaflets where they separated the fibrosa and ventricularis and 
measured their properties independently (Table 3.2) (Vesely & Noseworthy, 1992). Although total leaflet 
extensibility under uniaxial testing in the radial direction was 60%, the fibrosal tissue had a radial 
extensibility of only ~20%. The authors explained that unfolding of the corrugations in the fibrosa 
accounted for the remaining ~40% extension. Vesely further isolated elastin structures from the fibrosa 
and ventricularis and compared their properties to the whole leaflet (Vesely, 1998). At max leaflet 
extension in the circumferential direction, the stiffness of aortic valve elastin was only 2.1 N/m vs. 3500 
N/m for the whole leaflet. Also, the elastin stiffness increased from 0.31 N/m at low loads to 2.1 N/m at 
high loads, while the leaflet stiffness increased from 3.1 N/m to 3500 N/m, which is consistent with the 
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observation that uncoiled collagen is the main load-bearing element during diastole. By comparing the 
stress-strain curves of isolated elastin vs. the individual layers, it was observed that only a small amount 
of tension in either direction in the fibrosa was carried by elastin, while the majority of tension was 
carried by collagen. In the ventricularis, circumferential loading was shared equally by elastin and 
collagen at strains up to 25%, while the radial response was dominated by elastin. Note that in these 
studies, the microdissection process for separating the fibrosa from the ventricularis required the severing 
of many fibrous connections. Thus, the properties of the whole intact leaflet are not necessarily the direct 
summation of measurements from the individual layers. Indeed, the authors found that once the layers are 
isolated, the fibrosa elongates and the ventricularis shrinks. This occurs primarily in the radial direction 
and suggests that, in the intact leaflet, the ventricularis is preloaded in tension (Vesely & Lozon, 1993). A 
primary limitation of isolating elastin, as discussed by Vesely, is that this removes the collagen bundles 
that fill the voids within elastin structures. As a result, the elastin structures collapse more readily during 
stretching and can show increased extensibility and compliance. 
 
 Young’s modulus (kPa) Extensibility (%) Slope of stress relaxation curve 
 Circumferential Radial Circumferential Radial Circumferential Radial 
Fibrosa 13.02 ± 5.139 4.56 ± 2.337 19.40 ± 4.971 27.77 ± 13.532 -6.46 ± 0.916 -8.62 ± 2.018 
Ventricularis 7.41 ± 1.694 3.68 ± 0.550 21.79 ± 6.581 62.66 ± 16.101 -8.15 ± 1.851 -9.07 ± 1.299 
Significance p < 0.011 N.S. N.S. p < 0.0001 p < 0.023 N.S. 
Table 3.2. Comparison of properties of individual layers isolated from porcine AV leaflets and 
tested under uniaxial tension. The elastic modulus was calculated at a stress of 300 kPa. The 
extensibility was defined as the point at which a tangent drawn to the stress-strain curve at 300 kPa 
crossed the x-axis. N.S. = not significant (Vesely & Noseworthy, 1992). Table reprinted with permission 
from Elsevier. 
 
At low physiological forces, the interaction of GAGs with collagen fibers in the still-crimped state is 
believed to contribute to the viscoelastic behavior of bulk tissue. To explore this hypothesis, Eckert et al. 
compared samples of intact porcine AV leaflet tissue with samples where the GAGs had been 
enzymatically removed (Eckert et al., 2013). The samples were tested both biaxially at high stress and 
under flexure to achieve low stresses. Hysteresis was used as a measure of viscoelasticity, and it was 
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calculated as the difference in the areas below the loading and unloading curves and expressed as a 
percentage of the area below the loading curve. The high-stress biaxial tests showed that GAGs had a 
negligible effect both on hysteresis and on the general stress-strain behavior. However, the flexural tests 
at low stresses and strains showed a significant drop in hysteresis, from ~35% in the control samples to 
~25% in tissues where GAGs were removed. Thus, at low physiological stress and strain levels, GAGs do 
contribute to some amount of viscous dissipation, or damping effects. However, at higher stresses and 
strains, these effects are overshadowed by the dominant behavior of collagen and elastin. 
 
3.2.2.3 Tensile properties 
3.2.2.3.1 Uniaxial testing 
The tissue-level mechanical properties of valve leaflets, as determined by uniaxial and biaxial tensile 
tests, are highly anisotropic and reflect the directional arrangement of collagen and elastin fibers in the 
fibrosa and ventricularis. Specimens for uniaxial testing are typically prepared by cutting leaflet tissue 
into rectangular strips along either the circumferential or radial direction. They are then mounted in grips 
that stretch the specimens lengthwise at a predefined strain rate. Testing results from various studies 
showed that human and porcine valve leaflets follow a stress-strain curve typical of soft biological tissues 
(Figure 3.1). Also, they are much stiffer and stronger in the circumferential direction than in the radial 
direction, while they have a higher extensibility in the radial direction (Table 3.3). These observations are 
all consistent with the predominantly circumferential orientation of collagen and elastin fibers. While 
these trends are also consistent across different studies of leaflet mechanical properties, there is 
significant variability in the actual data. For example, the circumferential Young’s modulus of the porcine 
AV leaflet was reported to be 7.78 ± 1.7 MPa by Mavrilas and Missirlis (Mavrilas & Missirlis, 1991) and 
42.30 ± 4.96 MPa by Kalejs et al. (Kalejs et al., 2009). This variability can be attributed to a few major 
factors, including normal biological variability amongst the specimens, differences in data analysis (e.g. 
calculation of elastic modulus), and differences in experimental conditions (e.g. strain rate and specimen 
size) (E. O. Carew et al., 2003; Mavrilas & Missirlis, 1991). Another interesting observation is that the 
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ultimate strengths in the circumferential direction are roughly an order of magnitude greater than the 
estimated maximum in vivo leaflet stresses from Section Mechanical environment. Also, note the minimal 
difference between the mechanical properties of human AV and PV leaflets as recorded by Stradins et al. 
(Figure 3.1b) (Stradins et al., 2004). 
As discussed in Section 3.2.2.2 Micromechanics, the leaflet stress-strain curve contains a highly non-
linear transition region representing the transfer of load from elastin to collagen, followed by a more 
linear (but still slightly non-linear) elastic region dominated by the collagen fibers. Mavrilas and Missirlis 
therefore defined a transition strain 𝑡𝑟 which corresponds to the end of the transition region and 
beginning of the post-transition region (Mavrilas & Missirlis, 1991). Calculated values for 𝑡𝑟 were 
significantly different between fresh human and porcine AV leaflets in both the circumferential (6.80 ± 
1.96% human vs. 16.80 ± 6.50% porcine) and radial (6.90 ± 1.69% human vs. 11.60 ± 3.10% porcine) 
directions. These results highlight the inherent mismatch in mechanical properties between human and 
porcine valves, which is a significant concern affecting the durability of porcine bioprostheses. The 
authors also tested two radial strips at different strain rates (2.33 s-1 and 0.28 s-1) and showed that a 
higher strain rate corresponded to a lower 𝑡𝑟 (Figure 3.1c). This strain rate dependency is a viscoelastic 
phenomenon characteristic of soft biological materials. Leaflet viscoelasticity will be the subject of 
further discussion in Section 3.3.1.3 Viscoelasticity. 
 Young’s modulus (MPa) Ultimate strength (MPa) Ultimate strain (%) Reference 
 Circumferential Radial Circumferential Radial Circumferential Radial  
Pulmonary 16.05 ± 2.02* 1.32 ± 0.93* 2.78 ± 1.05 0.29 ± 0.06 19.40 ± 3.91 29.67 ± 4.41 
(Stradins et al., 
2004) 
Aortic 15.34 ± 3.84* 1.98 ± 0.15* 1.74 ± 0.29 0.32 ± 0.04 18.35 ± 7.61 23.92 ± 3.94 
(Stradins et al., 
2004) 
 P > 0.2 P = 0.002 P = 0.049 P > 0.2 P > 0.2 P = 0.043  
Aortic 15.6 ± 6.4** 2.0 ± 1.5** 2.6 ± 1.2 0.42 ± 0.24 21.9 ± 10.6 29.8 ± 13.9 
(Balguid et al., 
2007) 
Aortic 14.55 ± 3.7*** 1.57 ± 0.18***     
(Mavrilas & 
Missirlis, 1991) 
Porcine aortic 7.78 ± 1.7*** 1.28 ± 0.34***     
(Mavrilas & 
Missirlis, 1991) 
Porcine aortic 42.30 ± 4.96* 5.33 ± 0.61* 1.58 ± 0.26 0.55 ± 0.11 7.26 ± 0.69 8.57 ± 0.80 
(Kalejs et al., 
2009) 
Table 3.3. Mechanical properties of human and porcine valve leaflets under uniaxial tension 
(Balguid et al., 2007; Stradins et al., 2004). *Calculated at specimen stress level of 1.0 MPa. 
**Calculated as the slope of the linear part of the stress-strain curve. ***Calculated as the slope a fitted 
line through the portion of the stress-strain curve between stress levels of 0.4-1.0 MPa for circumferential 
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specimens and 0.05-0.1 MPa for radial specimens. Table partially reprinted with permission from Oxford 
University Press. 
 
3.2.2.3.2 Biaxial testing 
While uniaxial tests provide important qualitative information about leaflet properties, leaflets in 
diastole are known to be stressed multiaxially (see Section Mechanical environment). Therefore, tension 
tests performed under biaxial loading conditions can provide much more accurate representations of 
leaflet micromechanics (e.g. fiber kinematics) and overall tissue-level behavior, and biaxial tests are 
frequently used to generate and validate constitutive models (Adamczyk et al., 2000; Billiar & Sacks, 
2000b, 2000a; Christie, 1992; Jett, Laurence, Kunkel, Babu, & Kramer, 2018; Lo & Vesely, 1995; Martin 
& Sun, 2012; Pham, Sulejmani, Shin, Wang, & Sun, 2017; Stella et al., 2007; Stella & Sacks, 2007). 
Billiar and Sacks tested porcine AV leaflets biaxially and used SALS to map the fiber architecture (Billiar 
& Sacks, 2000b). Square-shaped specimens were loaded at quasi-static strain rates (4–15 %/s radially and 
1–4 %/s circumferentially) to pre-determined membrane stresses in the circumferential (TCC) and radial 
(TRR) directions according to seven different loading protocols: TCC:TRR = 10:60, 30:60, 45:60, 60:60, 
60:45, 60:30, and 60:2.5 (N/m). Membrane stress (N/m) was used, rather than three-dimensional stress 
(N/m2), since the layers within the leaflet are not homogeneous and do not bear load equally. The 
equibiaxial test case (60:60 N/m) showed extensibility to be much greater in the radial direction than the 
circumferential direction, a finding qualitatively consistent with the results of uniaxial tests. SALS 
analysis of the progression of loading protocols showed that as the ratio of radial to circumferential 
loading increases, the collagen fibers undergo large rotations which allows for high radial strains while 
tending towards contraction in the circumferential direction (Figure 3.2). This action even results in 
negative strains in the circumferential direction in glutaraldehyde-treated specimens. The effect of this 
mechanical coupling on leaflet deformation can be lost during uniaxial tests due to the non-physiological 
loading conditions and because uniaxial testing specimens encompass a smaller percentage of the leaflet 




Figure 3.2. Biaxial mechanical testing of porcine aortic valve (AV) leaflets. (a) Schematic of biaxial 
test specimen. (b-d) Collagen fibers (represented schematically by the fanned lines) within the leaflet 
undergoing rotations as the radial load becomes larger with respect to the circumferential load. This 
permits very large radial strains while causing contraction circumferentially. (e) Stress-strain curves from 
biaxial testing of fresh and glutaraldehyde-fixed porcine AV leaflets, showing mechanical anisotropy. The 
fixed specimen contracts circumferentially due to strong in-plane coupling (Billiar & Sacks, 2000b). 
Figures reprinted with permission from the American Society of Mechanical Engineers. 
 
3.2.2.4 Flexural properties 
Vesely and Boughner performed the first known experiments on heart valve leaflets in flexure 
(Vesely & Boughner, 1989). They tested both fresh and glutaraldehyde-treated porcine AV leaflets, using 
a modified version of the three-point bending method. Circumferential strips were bent against their 
natural curvature (fibrosa on the outside of the bend) to reverse curvatures ranging from 0 to ~1.5 mm-1. 
These curvatures were well beyond the physiological range but intended to simulate extreme bending 
patterns observed in functioning bioprosthetic valves. Bending moment vs. specimen curvature was 
plotted to create bending curves and bending stiffnesses were calculated from the slopes of these curves. 
The bending curves showed distinguishable regions similar to those of Figure 3.1a: low bending stiffness 
at low curvatures, increasing bending stiffness at higher curvatures, then decreasing bending stiffness at 
the highest curvatures. One important consideration when assessing leaflet flexural properties is the 
location of the neutral axis. This is not trivial since the properties of the fibrosa, spongiosa, and 
ventricularis vary greatly, and the total thickness of the leaflet tissue is also highly variable. Here, the 
authors used polarized light microscopy to measure the strains within a bent sample, locating the neutral 
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axis at a distance 40% into the thickness of the fibrosa. This location was largely independent of the local 
thickness of the spongiosa and ventricularis. It was estimated that overall, the neutral axis was located 
approximately 1/6th of the total thickness away from the surface of the fibrosa. Thus, the authors 
suggested that simple (Euler-Bernoulli) beam theory, which assumes a centrally located neutral axis, 
could not accurately describe leaflet behavior and that an analytical solution could not be obtained. 
Instead, bending stiffness vs. thickness was plotted (Figure 3.3a), and the curve of best fit gave the 
equation for bending stiffness S as  
𝑆 = 14.3 ∙ 𝑡1.14, (3.3) 
where t is the leaflet thickness in mm and S has units of nN ∙ m2. In contrast, simple beam theory gives 
the bending stiffness of a beam with rectangular cross section as  





where E is the elastic modulus of a homogeneous isotropic material, I is the area moment of inertia of the 
rectangular cross section, and b is the width, which is assumed to be constant. Eq. (4) then takes the form  
𝑆 = 𝐴𝑡3, (3.5) 
where A is a constant. Comparing Eq. (3) with Eq. (5), the authors concluded that simple beam theory 
cannot adequately describe the flexural behavior of porcine leaflets. 
However, later work from the Sacks group, described in the following paragraphs, relied heavily on 
simple beam theory to model leaflet flexural properties. In contrast to Vesely and Boughner, their strain 
analysis located the neutral axis very near the center of the leaflet thickness, at 40-45% of the total leaflet 
thickness from the fibrosal surface (M. S. Sacks et al., 2009), which supports the use of simple beam 
theory. This discrepancy in neutral axis location could be explained by differences in experimental setup 
– Vesely and Boughner pre-loaded their specimens, bent them in reverse curvature only, and bent them to 
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very high non-physiological curvatures. These actions may have mechanically activated the collagen in 
the fibrosa, resulting in a stiffer fibrosa compared to what was observed by Sacks et al. at lower, 
physiological curvatures. 
In one study by the Sacks group, Merryman et al. investigated the effect of porcine AV interstitial 
cell (AVIC) contraction on leaflet flexural stiffness (Merryman et al., 2006) using a three-point bending 
method developed by Engelmayr et al. (Engelmayr, Hildebrand, Sutherland, Mayer, & Sacks, 2003). The 
authors chose this approach over uniaxial testing since leaflet flexure would be more sensitive to the low 
strains and stresses generated by the cells – AVIC contraction in response to KCl creates forces of only 
0.31-0.66 mN in the circumferential direction and 0.11-0.23 mN in the radial direction (Kershaw et al., 
2004). Additionally, flexure is a natural deformation mode, and it can be used to load different layers in 
tension or compression, allowing one to study the mechanical properties of individual layers while 
preserving leaflet integrity (J. Liao, Joyce, & Sacks, 2008; Lovekamp et al., 2006). In the experiments, 
leaflet strips cut from the belly region in the circumferential direction were bent with (WC) and against 
(AC) their natural curvature (Figure 3.3c), while KCl was used to induce cellular contraction. To account 
for large deflections, the applied moment 𝑀 was expressed as a function of the cumulative change in 
curvature ∆𝜅, from the reference configuration, using the generalized Euler-Bernoulli moment-curvature 
equation 
𝑀 = 𝐸𝑒𝑓𝑓𝐼∆𝜅, (3.6) 
where 𝐸eff is the instantaneous effective stiffness for any given ∆𝜅 and I is the area moment of inertia of a 
rectangular cross section. Note that ∆𝜅 is relevant here, rather than the actual curvature 𝜅, because of the 
pre-existing natural curvature in the reference configuration. Also, 𝐸eff describes the behavior of the 
leaflet as a whole and does not represent any intrinsic material properties. The 𝑀 − ∆𝜅 relationship had 
bi-directional linearity at curvatures between ±0.3 mm-1, in the physiological range, compared to the 
overall non-linearity across a larger range of curvatures shown by Vesely and Boughner (Vesely & 
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Boughner, 1989). Cell contraction due to KCl resulted in a 48% increase in 𝐸eff for AC specimens (from 
703.05 ± 132.58 kPa to 1040.66 ± 229.01 kPa), while the WC specimens saw only a 5% increase which 
was not statistically significant (from 491.69 ± 135.17 kPa to 516.50 ± 159.00 kPa). It is likely that this 
difference in behavior between AC and WC specimens is due to leaflet microstructure. Under WC 
loading, the ventricularis is in tension, while in AC loading, the fibrosa is in tension. Disregarding 
microstructure, one might expect that cell contraction would have a pronounced effect in restricting 
extension of the layer in tension, while the effect of cell contraction would be negligible in the layer 
already under compression. The authors speculated that the reason the experiments show otherwise is that 
there is compliant elastin present in the ventricularis to accommodate the contraction. In contrast, the 
fibrosa is comprised mainly of collagen, so that in tension the cell contraction imposes significant stress 
on the collagen to resist flexure. 
In a complementary study from the Sacks group, Mirnajafi et al. investigated the flexural properties 
of the commissural region in porcine AV leaflets using a cantilever beam method and a modified 
implementation of elastica (Mirnajafi, Raymer, McClure, & Sacks, 2006). The elastica theory describes 
large-scale deflections of an idealized one-dimensional object. It assumes a linear-elastic relationship 
between moment M and the finite curvature 𝜅 of the object such that  
𝑀 = 𝐸𝐼𝜅, (3.7) 
where EI is the bending stiffness (Southwell, 1941). The authors assumed the specimens to have zero 
curvature (𝜅 = 0) in the reference configuration and showed that the elastica could accurately predict the 
deformed leaflet shape, demonstrating a shape error of ±7.5% compared to experimental observations. 











where 𝑀(𝑥) is the moment resulting from the applied point load, I is the area moment of inertia of the 
cross-section, 𝑦 = 𝑦(𝑥) is a parameterization of the predicted deformation of the leaflet, and 𝑥 is the 
distance from the aortic root. The effective modulus was observed to be highly dependent on the direction 
of flexure. Flexing of the leaflets by an angle 𝜙 = 30° in the direction along forward flow gave an 
effective modulus of 42.63 ±4.44 kPa, while flexing the same amount in the non-physiological reverse 
direction gave an effective modulus of 75.01 ± 14.53 kPa. These values are significantly lower than the 
𝐸eff reported by Merryman et al. for the belly region (Merryman et al., 2006). It was suggested that 
having a stiffer belly region would avoid wrinkling of the opened leaflet and permit smoother valve 
function. Whereas 𝐸eff in the belly region was constant across physiological curvatures, 𝐸eff at the 
commissures decreased linearly with increasing 𝜙 due to tissue buckling at the commissure-aortic root 
junction. The authors speculated that this behavior presents a functional advantage since a lower 𝐸eff at a 
higher angle of flexure would minimize the leaflet opening force. 
One common finding among the flexural studies described this section, both from Vesely and 
Boughner and from the Sacks group, is that circumferentially oriented fresh leaflet specimens are bent 
more easily with the direction of natural curvature (WC) rather than against it (AC) (Interestingly, Vesely 
and Boughner found that the reverse was true for glutaraldehyde-treated leaflets. This result, in turn, 
conflicts with the observations of Gloeckner et al. for such treated specimens (Figure 3.3a) (Gloeckner, 
Billiar, & Sacks, 1999; Merryman et al., 2006; Mirnajafi et al., 2006; Vesely & Boughner, 1989)). As 
mentioned previously, leaflet microstructure is responsible for this mechanical anisotropy. In the AC 
direction, the tension layer is the stiffer collagen-filled fibrosa, while in the WC direction it is the more 
compliant ventricularis (Vesely & Noseworthy, 1992). Gloeckner et al. showed that the anisotropy occurs 
only along the circumferential direction, as bending stiffness along the radial direction showed no 
dependence on bending direction (Figure 3.3b) (Gloeckner et al., 1999). This is due to the primarily 
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circumferential arrangement of collagen in the fibrosa. When the fibrosa is extended radially, orthogonal 
to the predominant direction of its collagen fibers, its Young’s modulus is closer to that of the 
ventricularis (Vesely & Noseworthy, 1992). The smaller amount of radially-aligned collagen, compared 
to circumferentially-aligned collagen, in both the fibrosa and ventricularis also explains why leaflets are 
bent more easily along the radial direction than along the circumferential direction (Gloeckner et al., 
1999; Vesely & Boughner, 1989). 
    
Figure 3.3. Flexural behavior of semilunar heart valve leaflets. (a) Bending stiffness of 
circumferential strips of porcine aortic valve (AV) leaflet bent in the reverse and natural directions, plus 
radial strips bent in the reverse direction (Vesely & Boughner, 1989). (b) Bending stiffness index of 
glutaraldehyde-treated porcine AV leaflets, showing that bending stiffness in circumferential strips is 
dependent on bending direction, while bending stiffness in radial strips is independent of bending 
direction (Gloeckner et al., 1999). (c) Schematic of flexural testing configuration showing orientations of 
the fibrosa (F), spongiosa (S) and ventricularis (V) with respect to the bending direction (Gloeckner et al., 
1999). Figures reprinted with permissions from Elsevier and Wolters Kluwer Health. 
 
3.2.2.5 Fatigue 
While there appear to be no documented experiments on fatigue in fresh leaflet tissue, fatigue of 
glutaraldehyde-treated tissues is better studied due to its implications for the durability of BHVs. We 
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present here a just few examples which are informative of the mechanics of native tissues as well. Broom 
conducted some of the first fatigue tests of glutaraldehyde-treated leaflet tissue (N. D. Broom, 1977; Neil 
D. Broom, 1978, 1980). He subjected specimens from porcine aortic valves and from bovine and porcine 
mitral valves to stress-based accelerated fatigue tests in uniaxial tension. Histology of the mitral tissue 
showed a marked reduction in the degree of collagen fiber crimping after 18 million cycles at 2 MPa, the 
appearance of longitudinal cavities indicating the loss of matrix material after 75 million cycles at 4 MPa, 
and the gross disruption of fiber bundles after 175 million cycles at 2.3 MPa. Broom also observed that 
the stiffness of the treated tissue increased with increasing number of cycles. He attributed this effect to 
the observed reduction in collagen crimping, although an alternative explanation later offered by Sacks is 
that the stiffening could be caused by the progressive alignment of collagen fibers (Michael S. Sacks, 
2001). Cyclic compressive flexure of high-pressure-treated AV leaflets additionally resulted in kinking, or 
regions of localized flexural collapse of collagen bundles. Low-pressure-treated specimens, where 
collagen crimp was preserved, did not have this effect, suggesting that collagen fiber crimping has a role 
in accommodating deformation during compressive flexure in untreated tissues. Broom noted that in 
healthy living tissue, any breakdowns in the fibers and matrix would normally be repaired. However, in 
preserved tissues these fatigue effects are likely a major mechanism facilitating the development of SVD 
(Dvir et al., 2018; F. J. Schoen & Butany, 2016).  
Sacks later reported on fatigue testing under biaxial stress conditions in which cyclic loading induced 
a gradual increase in structural stiffness in the radial direction of glutaraldehyde-treated porcine AV 
leaflet tissue (Michael S. Sacks, 2001). In contrast to the uniaxial data from Broom, almost no change in 
the circumferential stiffness was observed with increasing number of cycles. The decrease in radial 
extensibility was attributed to stiffening of the collagen fiber network and a change in alignment of the 
fibers. These experimental studies were performed on tissue extracted from the center, belly region of the 
leaflets. However, as remarked by the author, roughly 50% of the leaflet area has a distinct structure from 
that of the belly and experiences very different loading histories over a cardiac cycle. Consequently, the 
fatigue properties of the various regions of the leaflet are likely to be quite different. 
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Gloeckner et al. performed flexural fatigue tests on glutaraldehyde-treated porcine AV leaflets, using 
a similar three-point bending setup as Merryman et al. and Mirnajafi et al. (Gloeckner et al., 1999; 
Merryman et al., 2006; Mirnajafi et al., 2006). First, porcine bioprosthetic heart valves were subject to 
accelerated testing for 0, 50, 100 and 200 million cycles. Then leaflet strips were cut in the 
circumferential and radial directions and bent both with their natural curvature (WC) and against their 
curvature (AC) (Figure 3.3c) to make four sample sets: circumferential WC, circumferential AC, radial 
WC, and radial AC. The formula from Euler-Bernoulli beam theory for the maximum displacement of a 






where 𝛾𝑚𝑎𝑥 is the maximum displacement, P is the applied force to cause bending, and L is the length of 
the specimen between its support posts. Since a leaflet is not homogeneous through its cross section and 
large displacements were applied, it would be inaccurate to accept EI as the true bending stiffness. 
Instead, EI was reported as a bending stiffness index (BSI) which was used only to compare relative 
bending stiffnesses between sample sets. Circumferential BSI’s were significantly greater than BSI’s in 
the radial direction. As mentioned previously, the circumferential samples also showed dependence on 
bending direction, with circumferential AC BSI greater than circumferential WC BSI. The radial samples 
showed no dependence on bending direction. BSI decreased with number of cycles for all four sample 
sets. Rate of change in BSI was greatest for the circumferential AC samples – after 200 million cycles, 
their BSI decreased by about 80% of the uncycled BSI value, while other sample sets decreased by less 
than 40%. Since the fibrosa is the primary contributor to bending stiffness of the circumferential AC 
samples, these results indicate that the fibrosa experiences the greatest fatigue effects, perhaps due to its 
higher collagen content, while the ventricularis is affected to a lesser extent. It was suggested that this loss 
in flexural rigidity could be due to fiber debonding (Michael S. Sacks, 2001; Vyavahare et al., 1999), but 
the exact mechanisms are still unclear and would be an interesting subject for further study. In any case, it 
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is quite clear that there is a need for further fatigue experimentation of both fresh and treated tissues. 
These types of material characterizations are essential to understanding, and ultimately predicting, the 
long-term change in properties and function of the underlying tissue. A fatigue study incorporating fresh 
leaflet tissue could, in addition to providing valuable insight on native tissue mechanics, ultimately assist 
in better design and processing of BHVs. 
 
3.2.2.6 Viscoelasticity 
The micromechanics of valve leaflet tissue also dictate its complex time-dependent mechanical 
behavior. Soft biological materials are generally known to exhibit viscoelastic behaviors such as strain-
rate sensitivity, hysteresis, creep, and stress relaxation (Y. C. Fung, 1981; M. S. Sacks, 2000). Uniaxial 
testing of leaflet specimens can elicit these viscoelastic effects, even after preconditioning (Figure 3.4a,b) 
(Anssari-Benam, Bader, & Screen, 2011a, 2011b; Evelyn O. Carew, Garg, Barber, & Vesely, 2004; J. M. 
Lee, Courtman, & Boughner, 1984; Leeson-Dietrich et al., 1995; Mavrilas & Missirlis, 1991). However, 
in many studies using biaxial tests, which should more closely approximate physiological conditions, 
leaflet specimens exhibited only stress relaxation while strain rate sensitivity, hysteresis, and creep were 
minimal (Borghi, New, Chester, Taylor, & Yacoub, 2013; J. S. Grashow, Yoganathan, & Sacks, 2006; 
Jonathan S. Grashow, Sacks, Liao, & Yoganathan, 2006; M. S. Sacks et al., 2009; Stella et al., 2007). Yet, 
low-frequency (0.5-5 Hz) dynamic bulge testing of mitral valve leaflet tissue showed that the loss 
modulus increased steadily with increasing frequency (Lim & Boughner, 1976), and Jett et al. found that 
biaxial loading did elicit some strain-rate dependence (decreasing extensibility with increasing loading 
rate) in porcine mitral valve leaflets if the subsequent analysis accounted for the effects of pre-
conditioning stretches (Jett et al., 2018). Recently, Anssari-Benam et al. performed equibiaxial tests 
showing significant strain rate dependency in porcine AV leaflets, although the samples were not pre-
conditioned (Anssari-Benam, Tseng, & Bucchi, 2018). With such variations in results, likely stemming 
from the lack of a standard test protocol, this is certainly an area that requires further study. 
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Various mechanisms for leaflet viscoelasticity have been proposed, but the exact contributions and 
interactions occurring within the leaflet structure are not yet well-understood. While GAGs are known to 
impart viscoelastic properties, the removal of GAGs from native tissue has been shown to only reduce, 
but not eliminate, hysteresis and stress relaxation (Borghi et al., 2013; Eckert et al., 2013). Thus, there 
must be other factors involved. Collagen structures have been shown to be viscoelastic – they can provide 
an immediate viscoelastic response to loading, but their contribution to longer-term behavior, such as 
creep and stress-relaxation, is believed to be negligible (Rock & Doehring, 2016; Shen, Kahn, Ballarini, 
& Eppell, 2011). Sliding contact between collagen fibers has also been proposed as a source of energy 
loss (Mijailovich, Stamenović, & Fredberg, 1993). Another potential mechanism for leaflet viscoelasticity 
and its dependence on loading conditions lies in the kinematics of collagen fibers and shear-thinning 
(decrease in viscosity with increase in shear rate) of the surrounding GAG matrix (J. S. Grashow et al., 
2006; Naimark, Lee, Limeback, & Cheung, 1992). Uniaxial loading permits larger rotations and increased 
alignment of collagen, resulting in greater shearing of the matrix gel, while in biaxial loading the rotation 
of the fibers appears to be constrained so that shearing occurs to a lesser degree (Gilbert et al., 2006).  
One commonly used approach to viscoelastic constitutive modeling of heart valve leaflet tissue is the 
quasilinear viscoelastic (QLV) model (E. O. Carew, Talman, Boughner, & Vesely, 1999; Doehring, 
Carew, & Vesely, 2004; Rousseau, Sauren, van Hout, & van Steenhoven, 1983; Sauren, van Hout, van 
Steenhoven, Veldpaus, & Janssen, 1983). This model was originally proposed by Fung and is commonly 
used to model soft tissue biomechanics (Y. C. Fung, 1981; F. Xu & Lu, 2011). The primary assumption in 
this theory is that the history of the stress response (relaxation function denoted by 𝐾(𝜆, 𝑡)) can be 
expressed as 
𝐾(𝜆, 𝑡) = 𝐺(𝑡)𝑇(𝑒)(𝜆),     𝐺(0) = 1, (3.10) 
which is a combination of a relaxation component (reduced relaxation function 𝐺(𝑡)) and the elastic 
response 𝑇(𝑒)(𝜆) to a step increase of stretch 𝜆 (Y. C. Fung, 1981). Then, by taking an infinitesimal 
129 
 
change in stretch 𝛿𝜆(𝜏) and superposing it on a specimen in a state of stretch 𝜆 at time 𝜏, the stress 
response at time t (for t > 𝜏) is the convolution integral 





where 𝑇(𝑡) is the tensile stress at time t and represents the sum of past responses to all the infinitesimal 
changes in stretch. After some manipulation, Eq. (11) can be rewritten as 








 which describes the tensile stress at time t as the sum of the instantaneous elastic response and a 
contribution from its history, which is usually negative. The functions 𝑇(𝑒)(𝜆) and 𝐺(𝑡) are determined 





Figure 3.4. Strain rate dependence of native leaflet tissue. (a) Representative uniaxial stress-strain 
curves for a circumferential strip during cycles 1, 3, 15, and 20 of preconditioning. The curves after cycle 
20 overlay that of cycle 20, indicating that the mechanical response has stabilized due to the 
preconditioning. (b) Representative uniaxial stress-strain curve of a preconditioned circumferential strip at 
extension rates of 0.5, 5, and 50 mm/min, showing some strain rate dependence (J. M. Lee et al., 1984). 
(c) Representative biaxial tension–stretch curves for the porcine AV leaflet in the circumferential (left) 
and radial (right) directions at loading-unloading half-cycle times of 1, 0.5, 0.1, 0.05, and 15 seconds 
(quasi-static), showing negligible strain rate dependence. (d) Representative loading-unloading curves for 
the AV leaflet, showing negligible hysteresis in the circumferential direction and a small amount in the 
radial direction (Stella et al., 2007). Figures reprinted with permissions from Elsevier and John Wiley and 
Sons. 
 
3.2.2.6.1 Uniaxial testing 
One disadvantage of QLV is that it assumes an instantaneous stretch via a step function, which is 
impossible to achieve in the physical world. The closest approximation for any testing apparatus is to 
ramp up to the desired displacement as quickly as possible. However, during the finite ramping time, the 
material has already begun to relax. Thus, information is lost, resulting in erroneous estimates of model 
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parameters. Rather than idealize the physical ramp-up as a step function as in a traditional QLV model, 
Doehring et al. directly incorporated the ramp-up into their direct-fit QLV model by representing the 
elastic response with a power law function 
𝑇(𝑒)(𝜆) = 𝐴(𝜆 − 1)𝐵, (3.13) 
where A and B are fitted parameters (Doehring et al., 2004). Data for the model was obtained from 
uniaxial testing of porcine AV leaflets. After fitting the data, both the traditional and the direct-fit 
approach showed that the C parameter, which indicates viscoelastic capacity of the tissue, increased with 
strain rate (a “shear-thickening” behavior that could be related to the molecular structure of collagen). 
However, the traditional method appeared to underestimate C. Comparing the two models to experimental 
data, the direct-fit model performed better, underestimating stress-relaxation by 14% vs. 48% in the 
traditional model and overestimating peak stress during cyclic loading by 3% vs. 8% in the traditional 
model.  
Anssari-Benam et al. developed a viscoelastic constitutive model of the AV leaflet based on a 
Kelvin-Voigt model, using springs to represent the ventricularis and fibrosa and a dashpot to represent the 
spongiosa (Anssari-Benam et al., 2011a). The final model expresses the stress-stretch response in the 
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 where T11 is the stress component along the direction of uniaxial loading, E is the sum of the stiffnesses 
of the ventricularis and fibrosa, 𝜆1 is the elongation in the loading direction, and  is the viscous 
dissipation coefficient. Due to the leaflet’s anisotropy, different values for E and  were used to model the 
circumferential and radial directions. Experimental data was obtained from uniaxial testing of porcine AV 
leaflet strips cut in the circumferential and radial directions. Leaflet specimens were stretched to failure at 
strain rates of 6%/min, 60%/min, and 600%/min, and the resulting stress-strain curves showed clear strain 
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rate dependency. The stiffness in the linear region of the stress-strain curves increased from 20.4 ± 0.86 
MPa to 37.54 ± 1.45 MPa for circumferential specimens and from 0.71 ± 0.8 MPa to 3.36 ± 0.10 MPa for 
the radial specimens, indicating rate dependency in both directions. Interestingly, the stress-strain curves 
for the circumferential specimens all exhibited a transient decrease in stress at about half of the failure 
stress, which was believed to indicate failure of the ventricularis. Stress-elongation data was fitted to the 
model to obtain values for 𝐸 and  in the circumferential and radial directions. There was a decrease in  
for both circumferential (675.06 ± 82.15 MPa·s to 18.48 ± 0.99 MPa·s) and radial (49.12 ± 3.47 MPa·s to 
4.59 ± 0.66 MPa·s) specimens as strain rate increased, indicating the occurrence of shear-thinning within 
the spongiosa. To characterize hysteresis and resiliency (i.e. recoverability), a series of successive single-
cycle tests were performed on each sample while incrementally increasing the load from 5% to 80% of 
the observed load at failure. Strain rate was kept constant at 60%/min. Hysteresis was quantified by taking 
the ratio of the area below the unloading curve to the total area below the loading curve. This ratio was 
consistently smaller for circumferential specimens compared to radial specimens, indicating less 
resilience in that direction, and it corresponded with a greater amount of irreversible elongation (~2.5% 
circumferential vs. ~2.1% radial) at the end of the test. 
The authors also characterized the creep and stress-relaxation responses of porcine AV leaflets, using 
a viscoelastic constitutive model based on Maxwell elements (Anssari-Benam et al., 2011b). For the 
stress-relaxation experiments, samples were subject to incrementally increasing strain, using a constant 
strain rate of 60%/min and holding at each strain increment for 300 seconds. A similar protocol was used 
for the creep experiments, except that the samples were subject to incrementally increasing loads instead 
of strains. Fitting of data to a Maxwell model revealed that a double mode was needed to describe stress-
relaxation at higher strain increments, and a secondary mode was needed for creep at higher load 
increments. The authors suggested that this behavior is consistent with leaflet micromechanics, where the 
mechanical response is dominated by GAGs and elastin at low loads and strains and by collagen at higher 




3.2.2.6.2 Biaxial testing 
In contrast to uniaxial viscoelastic results, Grashow et al. observed that the biaxial stress-strain 
behavior of porcine MV anterior leaflets (MVAL) up to physiological load levels exhibited no 
dependence on strain rate and a low hysteresis of 12% (J. S. Grashow et al., 2006). Creep and stress 
relaxation tests showed significant stress relaxation but negligible creep (Jonathan S. Grashow et al., 
2006). For the stress relaxation tests, samples were stretched until reaching an equibiaxial tension of 90 
N/m and then held at constant strain for 3 hours. The amount of stress relaxation was 32.09 ± 0.77% in 
the radial direction and 24.67 ± 0.93% in the circumferential direction. Stress relaxation under uniaxial 
loading was significantly different in the radial direction (28.5 ± 1.8%), but not in the circumferential 
direction (25.2 ± 2.2%). In the creep tests, samples were loaded to an equibiaxial tension of 90 N/m, then 
held at constant tension for 3 hours. The observed lack of creep response is inconsistent with the 
viscoelastic behavior of other collagenous tissues such as pericardium and ligament. The authors thus 
described the overall mechanical behavior of the leaflets as quasi-elastic, since they observed significant 
stress relaxation, but no strain rate sensitivity, no creep, and minimal hysteresis. 
To explore the mechanisms of this quasi-elastic behavior, the authors analyzed the influence of 
collagen fibril kinematics on the mechanical response of porcine MVAL tissue under biaxial creep and 
stress relaxation tests (J. Liao et al., 2007). Small angle X-ray scattering (SAXS) was used to measure the 
change in collagen fibril angular distribution and the D-period (Figure 3.5), which describes the visible 
64-68 nm periodic banding pattern on collagen fibrils that reflects the ordered staggering of collagen 
molecules within the fibril. The creep tests again showed no change in tissue-level strain, and SAXS 
revealed that D-period strain was also constant. SAXS also showed no change in fibril orientation or NOI 
during the creep tests, suggesting that the fibril network “locks up” under constant stress. Under constant 
strain (stress relaxation testing), the D-period decreased, and the fibril orientation remained the same. It 
was determined that MV collagen fibrils are not intrinsically viscoelastic, which suggests that there is a 




Figure 3.5. Collagen fibril kinematics in porcine mitral valve anterior leaflets (MVAL). Schematic 
demonstrating the change in collagen fibril angular distribution with uncrimping of collagen fibers: (a) 
crimped collagen fibers; (b) corresponding angular distribution of collagen fibrils in crimped 
configuration; (c) histological section showing crimped fibers under load-free condition; (d) straightened 
collagen fibers; (e) corresponding angular distribution of collagen fibrils in straightened configuration; (f) 
histological section showing straightened fibers under 90 N/m equibiaxial loading (J. Liao et al., 2007). 
Scale bars in (c) and (f) are ~100 µm. Figures reprinted with permission from the American Society of 
Mechanical Engineers. 
 
AV tissue was also found to behave quasi-elastically, in a manner similar to MV tissue. Stella et al. 
performed strain rate, creep, and stress relaxation tests on porcine AV leaflets under biaxial loading. 
Strain rates were varied from quasi-static (0.038 s-1 radial and 0.012 s-1 circumferential) to physiological 
(381 s-1 radial and 1183.8 s-1 circumferential) (Stella et al., 2007). Stress-strain behavior and hysteresis 
had no measurable dependency on strain rate in either the circumferential or radial directions (Figure 
3.4c,d). Stress relaxation and creep tests were performed in a similar manner as the MV tests described 
above, except that a maximum tension of 60 N/m was prescribed, instead of 90 N/m. The amount of stress 
relaxation was 33.28 ± 1.35% in the radial direction and 27.51 ± 1.07% in the circumferential direction. 
Creep was again negligible in both directions, and there was no discernible difference in response 
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between different loading rates. The authors also obtained transmission electron microscopy (TEM) 
images showing collagen fibrils interacting with surrounding proteoglycans. It was suggested that these 
interactions could be responsible for the postulated load transfer away from the elastic collagen fibers, 
contributing to tissue-level viscoelastic behavior. 
 
3.2.2.7 Continuum mechanics-based constitutive modelling of native tissues 
Several constitutive models have been proposed to describe the continuum mechanical behavior of 
leaflet tissue, including phenomenological models and bottom-up, structural models (Humphrey & Yin, 
1987; M. S. Sacks et al., 2009; Weinberg & Kaazempur-Mofrad, 2005). The simplest phenomenological 
model is the hyperelastic model, which effectively captures non-linear elastic behavior and anisotropy but 
neglects viscous effects. In such a model, the stress-strain behavior is defined by a strain energy density 
function W. The second Piola-Kirchhoff stress S is then defined as the derivative of the strain energy 
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(𝑒𝑄 − 1) (3.16) 
𝑄 = 𝐴1𝐸11
2 + 𝐴2𝐸22
2 + 2𝐴3𝐸11𝐸22 + 𝐴4𝐸12
2 + 2𝐴5𝐸11𝐸22 + 2𝐴6𝐸22𝐸12, (3.17) 
where c and Ai are fitted material parameters (Martin, Pham, & Sun, 2011; Martin & Sun, 2012). This 
model has been shown to provide good agreement with the behavior of both human and porcine AV 
leaflets under biaxial loading (Martin & Sun, 2012). Viscous effects may be excluded since 
preconditioning has been shown to reduce strain rate sensitivity in soft biological tissues, as mentioned in 
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the previous section (Y. C. Fung, 1981; Y. C. B. Fung, 1967; J. S. Grashow et al., 2006; Karen May-
Newman & Yin, 1995). However, the presence of hysteresis suggests that the loading and unloading 
behavior of the leaflet tissue should be modeled separately (Weinberg & Kaazempur-Mofrad, 2005). Note 
that the Fung model is purely phenomenological and is typically used to capture the anisotropic, nonlinear 
elastic response of biomaterials. The use of the exponential in the strain energy density function is 
intended to capture the dramatic increase in stiffness of the material at a particular level of stretch that is 
usually observed experimentally and is associated with load transfer from the elastin to the collagen fibers 
(Holzapfel & Ogden, 2010). 
Further complexity can be introduced into a constitutive model by accounting for the leaflet’s fibrous 
structure. Since there is a single preferred collagen fiber orientation in the circumferential direction, the 
leaflet can be modeled as a fiber-reinforced composite that is transversely isotropic with respect to the 
collagen fiber axis (J. Li, Luo, & Kuang, 2001; K. May-Newman & Yin, 1998). May-Newman and Yin 
developed a transversely isotropic model using a strain energy density function based on the strain 
invariants 𝐼1 and 𝛼: 
𝑊 = 𝑐0(𝑒
𝑄 − 1) (3.18) 
𝑄 = 𝑐1(𝐼1 − 3)
2 + 𝑐2(𝛼 − 1)
4, (3.19) 
where 𝑐0, 𝑐1, and 𝑐2 are fitted material parameters. The strain invariants are defined by 𝐼1 = 𝑡𝑟(𝐂) =
𝑡𝑟(𝐁) and 𝛼2 = 𝐍 ∙ 𝐂 ∙ 𝐍, where 𝐂 = 𝐅𝑇 ∙ 𝐅 and 𝐁 = 𝐅 ∙ 𝐅𝑇 are the right and left Cauchy-Green 
deformation tensors, respectively, 𝐍 is a unit vector defining the preferred fiber direction in the 
undeformed configuration, and 𝐅 is the deformation gradient tensor. The material was also assumed to be 
incompressible (i.e. det(𝐅) = 1). This type of model was found to accurately predict stress-stretch 
behavior of porcine MV leaflets under equibiaxial, off-biaxial, and strip biaxial loading, with correlation 
coefficients between 0.90-0.99 (K. May-Newman & Yin, 1998). The authors noted that this model only 
accounts for positive tensile strains and does not include compression and bending behavior. We remark 
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again that models of this type are phenomenological and do not originate from physical, microstructural 
arguments. 
While these phenomenological models can fit the experimental data accurately, they do not offer 
much insight into the underlying mechanisms of tissue behavior. Structural models, however, assume that 
tissue-level behavior can be broken down into individual contributions from its constituent components 
(i.e. fibers and matrix) (Billiar & Sacks, 2000a; Weinberg & Mofrad, 2007). Therefore, the development 
of a structurally-based constitutive model challenges one to consider each constituent carefully and can 
provide further insight into their properties. Billiar and Sacks used a structural approach, based on the 
work of Lanir (Lanir, 1979, 1983), to develop the first constitutive model for the stress-strain behavior of 
AV leaflets (Billiar & Sacks, 2000b, 2000a). Collagen fibers were assumed to carry all external loads, 
while the contributions of elastin and the ground matrix were deemed negligible. Thus, the structural 
model consisted of a single fiber material within a single layer of tissue, since modeling of the tri-layered 
structure (fibrosa, spongiosa and ventricularis) was considered too complex. Time-dependency was also 
ignored since the authors had experimentally observed negligible viscoelastic effects under the biaxial 
loading conditions they were attempting to model. An exponential stress-strain law was used to account 
for the fibers: 
𝑆𝑓 = 𝐴[𝑒𝑥𝑝(𝐵𝐸𝑓) − 1], (3.20) 
where 𝑆𝑓 is the second Piola–Kirchhoff fiber stress, 𝐸𝑓 = 0.5(𝜆𝑓
2 − 1) is the fiber Green’s strain, and 𝜆𝑓 
is the fiber stretch ratio. The final form of the constitutive model expresses the Lagrangian membrane 
stresses (𝑇11 and 𝑇22) along the biaxial test axes as: 
𝑇11 = ∫ 𝑆𝑓
∗(𝐸𝑓)𝑅( )(𝜆1 𝑐𝑜𝑠






𝑇22 = ∫ 𝑆𝑓
∗(𝐸𝑓)𝑅( )(𝜆2 𝑠𝑖𝑛





∗(𝐸𝑓) is the exponential stress-strain law modified to account for volume fraction of fibers, 𝑅( ) 
is the angular fiber distribution as determined through small angle light scattering (SALS), 𝜅𝑖 are the in-
plane shear strains along the biaxial test axes, and  is the original fiber angle. The model fit well to 
experimental data from porcine AV leaflets, with average coefficients of determination at 0.95 and above, 
and it was also able to accurately match data that had not been used for parameter estimation. 
The group later developed a fiber recruitment model, which accounts for the gradual recruitment 
(uncrimping and loading) of the collagen fibers (Michael S. Sacks, 2003). Rather than following an 











where K is the fiber elastic modulus incorporating the fiber volume fraction and 𝐷( ) is a Gamma 
distribution representing the gradual recruitment of fibers with increasing strain. The uniaxial fiber strain 
 is defined by = 𝐍𝑇 ∙ 𝐄 ∙ 𝐍, where 𝐍 is the unit vector parallel to the fiber’s longitudinal axis and 𝐄 is 
the global tissue strain state. All components of 𝐒𝐟, except 𝑆11
𝑓
, are zero since it is assumed that each fiber 
can only support load along its longitudinal axis. Based on the assumption that the strain energy density 
of the tissue is the sum of the strain energy density of its constituents (i.e. fibers), the strain energy 
density function is 





where 𝑤( ) is the fiber strain energy density. This can then be differentiated with respect to the Green-
Lagrange strain tensor to arrive at the constitutive stress-strain law  
139 
 






The authors applied both the exponential (two-parameter) model and the recruitment model to 
biaxial test data of bovine pericardium. While the two-parameter model provided a better fit (r2=0.99), the 
fiber recruitment model also performed well (r2=0.92) and provided some further insight that was not 
apparent with the two-parameter model. For example, integration of 𝐷( ) leads to a cumulative 
distribution function 𝐹( ) which represents the fraction of fibers of the total that are stretched at a given 
strain level. Thus, one could predict that at a Green-Lagrange strain of 0.16 in the bovine pericardium 
used in the study, only ~22% of the collagen fibers would be fully straightened. 
While both phenomenological and structural hyperelastic models can fit experimental data quite well 
under certain loading conditions, it is important to note that the estimated in vivo deformation rates 
ranging from 2.5 to 12.4 s-1 are much higher than what typically can be achieved experimentally with 
commercially available testing equipment (Missirlis, 1974; Stella et al., 2007; M. J. Thubrikar, 1990). 
Additionally, biaxial testing devices are often not readily available. Therefore, to develop an accurate 
model of in vivo leaflet mechanics under uniaxial loading, one must account for rate-dependent effects. 
To predict the rate-dependent uniaxial response of behavior of porcine AV leaflet specimens, Anssari-
Benam et al. developed a transversely isotropic viscoelastic model based on separate elastic (𝑊𝑒) and 
viscous (𝑊𝑣) strain energy density functions (Anssari-Benam, Bucchi, Screen, & Evans, 2017; Anssari-
Benam et al., 2018). The elastic energy density function is broken down further into isotropic matrix 
(𝑊𝑒

















where the first invariant 𝐼1 is the trace of the right Cauchy-Green deformation tensor, the fourth invariant 
𝐼4 incorporates the preferred fiber direction, 𝛼 and 𝑘1 are stress-like material parameters and 𝛽 and 𝑘2 are 
dimensionless parameters. The viscous energy density function also comprises matrix and fiber 







𝐽2(𝐼1 − 3) +
2
4
𝐽5(𝐼1 − 3) =
1
4
(𝐼1 − 3)( 1𝐽2 + 2𝐽5), 
(3.26) 
where 𝐽2 and 𝐽5 are invariants of the time derivative of the right Cauchy-Green deformation tensor. The 
terms 1 and 2 are viscous material parameters, where 1 governs the dissipative effects of the GAG 
matrix and 2 governs the dissipative effects of fiber-matrix and fiber-fiber interactions. The consitutive 
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−1 − 3), 
(3.27) 
where 𝝈 is the Cauchy stress tensor and 𝜆𝑖 are the principal stretches. Experimental stress-stretch data for 
model fitting was obtained by uniaxial testing of porcine AV leaflets at stretch rates of 0.001, 0.01, 0.1, 
and 0.5 s-1. The model produced a good fit with r2 > 0.97, and it was also able to predict the uniaxial 
stress-stretch curve at a stretch rate 0.2 s-1 with r2 > 0.99. Analysis of fitted parameters showed that the 
viscous damping parameters 1 and 2 decrease as the deformation rate ?̇? increases. The decrease of 1 is 
characteristic of shear-thinning behavior of the GAGs, while the decrease in 2 could be due to a decrease 
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in the time afforded for dissipative fiber interactions to occur. The authors also used the model to predict 
stress-stretch behavior of the AV leaflet at a strain rate of 2.5 s-1, which is the first known prediction of 
physiological behavior using a continuum-based model where the deformation rate is explicitly included 
in the constitutive relationship. The predicted stress-stretch curves showed that for a diastolic 
circumferential stretch of 𝜆 =1.13, the corresponding stress in a circumferentially oriented leaflet sample 
under uniaxial loading is ~2.6 MPa. This value is about an order of magnitude higher than previous leaflet 
stress estimates that did not account for strain rate dependency (see Section Mechanical environment), 
and it is also higher than the measured circumferential tensile strength of porcine AV leaflets (Table 3.3). 
This constitutive model was later extended to phenomenologically account for fiber dispersion under 
biaxial deformation (Anssari-Benam et al., 2018). The new model also appeared to overestimate overall 
physiological stresses, but the authors suggested this discrepancy could be due to regional variations in 
physiological leaflet deformation that were not captured in the model since it was based only on the belly 
region. It would be interesting to see if a more comprehensive study could yield more accurate results. 
The complex mechanical response of AV leaflet tissue due to the underlying material structure 
provides a uniquely challenging problem for constitutive model development. Here, we have highlighted 
a few instances of purely phenomenological models employing the theory of hyperelasticity to capture the 
strongly anisotropic response of AV leaflet tissue. In contrast to these phenomenological models, the 
discussed structural models developed by Billiar and Sacks provide additional physical insight which aids 
in understanding the underlying response of the material. Although suitable structural models are 
considerably difficult to devise, their development may be crucial to improving our understanding of the 
material and consequently, our ability to provide a sufficiently predictive constitutive theory. Finally, we 
note that rate dependency is essential to incorporate when attempting to predict the response of leaflet 
specimens under uniaxial loading, but there still appears to be general disagreement over the importance 




3.3 Materials for prosthetic valves 
The polymer class of materials spans a huge range of mechanical properties. In order to simulate the 
mechanics of the native heart valve, polymers selected for heart valve applications are typically 
elastomeric, with low stiffness, high elasticity, and low glass transition temperatures so that the materials 
are soft and rubbery at body temperature. Polyurethanes (PU) have found the most success with several 
PU-based devices reaching several hundred million cycles during in vitro durability testing. Of the myriad 
of polymeric valves found in the literature, many have been fabricated from commercially available 
materials, while others have incorporated advanced materials still being developed at the investigative 
level (Table 3.5) (D. Bezuidenhout et al., 2015; Boffito, Sartori, Mattu, & Ciardelli, 2016; Ghanbari et al., 
2009). 
The leaflets in a prosthetic valve must survive a demanding in vivo environment, with highly 
dynamic loading, high strain rates, and anisotropic stretching. Therefore, the mechanical properties of the 
leaflet material are of fundamental importance in ensuring not only valve competence, but also long-term 
durability. Both the native valve tissue and the elastomeric polymers typically used to replace it exhibit 
non-linear stress-strain behavior that can be characterized as hyperelastic and viscoelastic. To select the 
optimal materials, due diligence is needed in considering the overall constitutive model as well as the 
effects of dynamic loading and fatigue. In this section, we will review the mechanical properties of 
polymers which have been utilized in past and present applications for flexible leaflet heart valves, along 
with some new materials which show promise for the future.  
 
3.3.1 Mechanical properties 
3.3.1.1 Elastic modulus and leaflet thickness 
A primary mode of deformation in the leaflets is bending. According to Euler-Bernoulli beam 
theory, the bending stiffness of a section of material is given by EI, where E is the elastic modulus of the 








where b is the width of the cross section and h is the thickness of the leaflet. Therefore, the resistance of 
the leaflets to bending scales increases linearly with E and cubically with leaflet thickness h (Haworth, 
1978). 
Native leaflet tissue exhibits non-linear stress-strain behavior, and the elastic moduli of polymers are 
similarly strain dependent. However, the elastic modulus of polyurethanes can be an order of magnitude 
higher than that of native leaflet tissue in the radial direction (Leat & Fisher, 1994; Leat, Fisher, Gilding, 
& Middleton, 1992; Mavrilas & Missirlis, 1991; Zioupos, Barbenel, & Fisher, 1992). This results in 
greater resistance to deformation and suboptimal leaflet dynamics during opening and closing in polymer 
leaflets (Leat & Fisher, 1994). Additionally, the greater force required to open the polymeric leaflets 
results in higher pressure gradients and energy loss across the valve, which are indicative of poor valve 
function (Gillian M. Bernacca et al., 2002; Ghista & Reul, 1977). 
Thornton et al. investigated the interplay of leaflet modulus and thickness using a finite element 
model of a polymeric bileaflet valve for the aortic position (Thornton, Howard, & Patterson, 1997). They 
modeled the leaflets using the isotropic linear elastic mechanical properties of polypropylene, varying the 
Young’s modulus E between 3-8 MPa and also varying the thickness while holding E constant at 7 MPa. 
The results showed that leaflet stresses generally decreased with decreasing modulus and increasing 
thickness, although having too much flexibility (E ≤3 MPa or thickness ≤0.1 mm) resulted in prolapse of 
the valve (for comparison, recall Ecirc ~ 15 MPa and Erad ~ 2 MPa, with thickness ranging from ~0.2 mm 
to ~2 mm in a normal human trileaflet aortic valve). However, increasing the stiffness would require a 
greater transvalvular pressure differential to achieve coaptation and reduce the efficiency of the valve – at 
E = 7 coaptation required pressure differentials of 7.7 kPa and 11 kPa for leaflets of thickness 0.3 mm and 
0.9 mm, respectively. Since there are large regional variations in the stresses within the leaflet, the authors 
suggested that one approach to obtaining lower and more uniform stresses is to introduce local variations 
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in leaflet thickness. This concept was indeed later implemented in a polymeric trileaflet valve developed 
by Claiborne at al. (T. E. Claiborne, Sheriff, et al., 2013; T. E. Claiborne, Xenos, et al., 2013). 
Bernacca et al. performed an in vitro study comparing the effects of varying the elastic modulus vs. 
the leaflet thickness on the hydrodynamic performance of a polyurethane trileaflet valve (Gillian M. 
Bernacca et al., 2002). They tested valves with leaflet elastic moduli ranging from 5-63.6 MPa and leaflet 
thicknesses from 48-238 µm. The results showed that, except for the highest modulus value (63.6 MPa), 
the choice of modulus over the range of 5-32.5 MPa did not significantly affect the hydrodynamics of the 
valve in terms of regurgitation, leakage, energy loss, and mean pressure differential across the open valve. 
In accordance with beam theory, the leaflet thickness was a much greater determinant of hydrodynamic 
performance. The authors noted that low modulus materials are subjected to higher strains than high 
modulus materials at the same stress level and are therefore more susceptible to creep and ultimately 
failure. Since this work showed that relatively high modulus materials, up to ~32.5 MPa, did not 
adversely affect hydrodynamic function, they suggested that such materials might reasonably be used to 
improve the fatigue life of the leaflets. 
 
3.3.1.2 Fatigue 
The ISO 5840 standard for flexible leaflet prosthetic heart valves sets a minimum durability 
requirement of 200 million cycles during in vitro accelerated wear testing (AWT), which is equivalent to 
approximately 5 years of use. At an accelerated testing frequency of 10 Hz, reaching 200 million cycles 
takes nearly 8 months in real time. Before committing to such a lengthy evaluation, along with the time 
and money required to develop a valve prototype, one may first wish to know if potential valve materials 
possess acceptable fatigue properties. Additionally, these quantitative measurements, taken independently 
of valve design, can provide valuable insight into the mechanisms behind a valve’s success or failure 
during AWT. In contrast to tensile properties, manufacturer data on the fatigue performance of 
commercial biomedical polymers is much less readily available. However, there are several interesting 
fatigue experiments documented in the academic literature. 
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McMillin developed a series of in vitro fatigue tests to help predict long-term in vivo performance of 
biomedical polymers intended for heart and ventricular assist devices (McMillin, 1983). Four sets of tests 
were used to rank five different materials. Three of the tests were uniaxial fatigue tests: a cut-growth 
fatigue test in an air at 37 °C where a 1 mm cut was introduced into the side of the specimen prior to 
testing, an uncut fatigue test in air at 37 °C, and an uncut fatigue test in blood at 37 °C. The fatigue tests 
were accelerated by gradually increasing the cyclic strains throughout the durations of the tests, which 
ranged from 20 days to 2 months. The fourth test was a tear strength test in air at 37 °C. The five 
materials tested were butyl rubber, Hexsyn, Pellethane®, Avcothane-51, and Biomer. Interestingly, a 
different polymer prevailed in each set of tests. In the cut-growth tests Hexsyn performed the best with an 
18% strain at 50% probability of failure. In the uncut tests, Pellethane® had the best performance in air 
with 175% strain at 50% probability of failure, but Biomer was the best in blood with 260% strain at 50% 
probability of failure. All samples performed better in blood than in air. Avcothane had the highest tear 
strength by far at 37 kN/m. The author also conducted biaxial fatigue testing and found that the 
performance of the polymers ranked in the same order as in the uniaxial fatigue tests. 
The overall variation in polymer performance encountered by McMillin indicates the importance of 
selecting the appropriate tests for different applications. For example, the choice of a stress-based vs. 
strain-based fatigue test can have a very significant effect on the results - a material with low elastic 
modulus will stretch easily and survive cycling to a fixed strain, but as mentioned previously, it may 
elongate further and fail under a cyclic stress. In the assist devices described by McMillin, the polymer 
would be used in a diaphragm that is displaced a prescribed distance, thus explaining the choice of strain-
based fatigue tests for this study. However, in the context of flexible leaflet polymeric heart valves for 
implantation, it is our opinion that stress-based fatigue testing should be performed. As discussed earlier 
in Section Mechanical environment, the maximum physiological stresses and strains in the native valve 
tissue occur at peak diastole, which is a load-driven condition governed by the transvalvular pressure 
differential. Thus, stress-based testing is more physiologically relevant as it can simulate the cyclic 
pressure loading sustained by the valve material. Since strain is not prescribed, it would also allow one to 
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observe the deleterious effects of creep, as described in the following studies and in the next section on 
viscoelasticity. 
Parfeev et al. performed a series of stress-based fatigue tests on several polymers to establish their 
wear limits, defined as the maximum stress above which the cyclic deformations would be unacceptable 
(Parfeev et al., 1983). The tests were conducted in both uniaxial and biaxial tension for 107 cycles at a 
frequency between 22-25 Hz. In uniaxial fatigue testing, 52-336/4 (SKTV silicon rubber) performed the 
best with a wear limit of 1.80 MPa. In biaxial fatigue testing, a version of 52-336/4 reinforced with 
Lavsan (the Russian trade name for PET fibers, also known as Dacron in the U.S.) gauze reached 2.10 
MPa, although FSM-2 (fluorosilicone rubber) was the best-performing neat polymer at 0.80 MPa. The 
wear limits were then compared to estimated in vivo stresses for the cusp in biaxial tension of 0.32-0.64 
MPa for the aortic valve and 0.08-0.16 MPa for the pulmonary valve. Since the aortic valve stresses are 
very close to the wear limits of the polymers, the authors suggested that for aortic valve applications the 
polymers should be additionally reinforced. On the other hand, any of the silicone or fluorosilicone 
rubbers could be used for the pulmonary valve. The authors also conducted long-term fatigue testing at 26 
Hz for 75 days to assess behavior at low stresses in the physiological range. In these tests, FSM-2 
accumulated the most residual strain at 18%, while 52-336/4 and IR-68 had the least at 9% and 10% 
respectively. 
Gallocher et al. used tensile tests, tension fatigue tests, and a bending fatigue test to compare the 
performance of poly(styrene-b-isobutylene-b-styrene) (SIBS) with and without polypropylene (PP) fiber 
reinforcement and to evaluate its potential for use in heart valves (Gallocher, Aguirre, Kasyanov, 
Pinchuk, & Schoephoerster, 2006). Note that the cross-linked version of SIBS, xSIBS, has since shown 
promising in vitro results for TAVR applications (Oren M. Rotman, Kovarovic, Bianchi, et al., 2019; 
Oren M. Rotman, Kovarovic, Chiu, et al., 2019). The tensile fatigue tests were performed according to the 
ASTM standard D 3479M–96 for tension-tension fatigue testing of polymer matrix composite materials, 
cycling at 100 Hz between ±10% of a selected mean load. The isotropic SIBS failed after 130 million 
cycles at a mean stress lower than 0.33 MPa, while adding three PP fibers as reinforcement only slightly 
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increased the stress at failure. However, adding 12 PP fibers drastically improved the fatigue 
performance, and it did not fail after 350 million cycles at a mean stress of 2.5 MPa, higher than the 1.5 
MPa achieved by polyurethane. The bending fatigue test was conducted by cycling the samples in 
buckling mode. Image analysis showed that the samples were bent to a curvature of 0.296 mm-1, which is 
consistent with values reported for bioprosthetic heart valve leaflets during in vitro testing. After cycling, 
the specimens were subjected to tensile testing to determine if mechanical properties had been degraded 
due to fatigue. The results showed that isotropic SIBS stiffened due to the fatigue test, with Young’s 
modulus increasing from 3.61 to 4.11 MPa. There was no statistically significant difference for SIBS 
reinforced with 12 PP fibers before and after the fatigue test, indicating that the reinforcement fibers had 
improved the bending fatigue properties compared to the neat polymer. 
However, during an in vivo evaluation of a trileaflet valve constructed from PET-reinforced SIBS 
leaflets, Wang et al. observed that cracking of the leaflets had exposed the underlying reinforcing fibers, 
leading to tissue ingrowth with calcification and subsequent valve failure (Wang et al., 2010). Tracing 
back through the literature, it was found that the cracking could be explained by the high susceptibility of 
SIBS to creep. El Fray et al. had previously evaluated the dynamic fatigue properties of SIBS using the 
hysteresis method, which is based on measuring the variation of hysteresis loops as a material fatigues (El 
Fray, Prowans, Puskas, & Altstadt, 2006; Renz, Altstadt, & Ehrenstein, 1988). In this method, the 
dynamic modulus is obtained from the slope of the mid-stress curve, which represents the average of the 
loading stress and unloading stress for each value of strain. The authors cyclically loaded the specimens at 
1-4 Hz while incrementally increasing the applied stress from 5% to 50% of the material’s measured 
ultimate tensile strength (~10,000 cycles total) and monitoring the change in dynamic modulus. Results 
showed that the dynamic modulus of SIBS decreased exponentially between each increment of stress, 
with a steady overall decline from ~21 MPa to ~5 MPa at the point of material failure. Dynamic creep 
was obtained in a separate test, where dimensional changes were monitored while cycling at a single 
stress at 1 Hz. The appropriate stress level for dynamic creep testing was identified as the stress at which 
the drop in dynamic modulus exceeded 5%, which was calculated to be 1.25 MPa. When loaded, the 
148 
 
SIBS showed an instantaneous elastic deformation of 20% strain and creeped to 30% after 100,000 
cycles, at which point the test was terminated. This poor creep behavior was attributed to its amorphous 
structure. In contrast, materials with more favorable creep properties commonly have semi-crystalline 
hard segments or hydrogen bonding, while the improved creep resistance of xSIBS is due to the presence 
of crosslinks containing strong carbon-carbon bonds (9,382,357 B2, 2016). 
The Glasgow group performed a series of cyclic tests to identify any change in mechanical properties 
that might occur in polymers during implantation (G. M. Bernacca, Straub, & Wheatley, 2002). Two 
experimental variants of the commercial polyurethane Elast-EonTM, EV3.34 and EV3.35, were first 
formed into valves, then implanted in the mitral position of sheep, explanted after 9 months, and finally 
compared to unimplanted control material using the cyclic tests. Since stress cycling is more 
representative of in vivo conditions for a working valve, specimens were subjected to cyclic stress-based 
testing, cycling between zero extension and a maximum stress of 7 MPa for 500 cycles at a displacement 
rate of 50 mm/min. The energy loss per cycle, or hysteresis, was calculated as the area between the 
loading and unloading curves. Dynamic creep was quantified as residual strain, the additional strain 
remaining after each loading cycle. The EV3.34 variant showed similar inelastic energy loss behavior and 
residual strain in the explanted material compared to the control material. However, for EV3.35, after 500 
cycles the explanted material showed both 30% less energy loss and 30% less residual strain than the 
control material. The authors suggested that changes in properties of explanted material could be due to 
plasticization effects from interactions with chemical species in the blood. Note that most of the studies 
described above were comparative in nature, with the intent of evaluating several polymers for potential 
heart valve use and then selecting the best one. The Glasgow fatigue experiment, however, is unique in 
that it was conducted on material that was not only implanted in vivo, but also subjected to the stresses 
and strains of a functioning valve. Thus, cost and time aside, this type of testing scheme would ultimately 






As seen in the literature we have just reviewed, dynamic creep and hysteresis are important 
indicators of the fatigue life of polymers. Although creep tests are generally performed by applying a 
constant stress while measuring the deformation over time, the state of stress in a heart valve leaflet is 
certainly neither constant nor continuous as it cycles through systole and diastole. Yet, the rapid cycling 
of stresses in leaflets persists for many decades, and it has been shown that at physiological stress levels, 
these cycles can have a cumulative effect, resulting in elongation of the leaflets, or residual strain. This 
elongation perhaps stems from the hysteretic, viscoelastic behavior of the polymer. Under physiological 
conditions, the loading-unloading cycles are so rapid that a polymer leaflet may not recover fully before 
the next cycle, so that residual strain becomes cumulative and the leaflet essentially creeps. This 
elongation of the leaflet material is necessarily accompanied by localized thinning, which then leads to 
increased stresses and reduced fatigue life (G. M. Bernacca, Mackay, & Wheatley, 1996). Additionally, a 
portion of the energy loss represented by hysteresis is associated with material damage and could also 
lead to increased strains. However, it is not clear in the literature if the observed residual strains are 
viscoelastic in nature and therefore recoverable, or the result of material damage and therefore plastic and 
irreversible, or a combination of both. Further study is warranted on this front to help predict the 
durability of prosthetic valve materials. 
While there have been many studies on stress relaxation of native leaflet tissue, the stress relaxation 
response of polymers for prosthetic valves has seldom been considered. In one instance, however, Millon 
and Wan compared the stress relaxation response of polyvinyl alcohol-bacterial cellulose (PVA-BC) 
nanocomposites with porcine AV leaflets. Samples were held at constant strain for 100 seconds, and the 










where 𝜎(𝑡) is the stress at time t, 𝜎𝑜 is the initial stress, 𝜎𝑅 is the final stress at 𝑡 = 100 𝑠, and A, B, C, 
and D are fitted parameters. The authors tested various concentrations of PVA and BC, as well as 
different processing conditions (number of freeze-thaw cycles). The relaxation responses of samples with 
15% PVA and 0.5% BC after 4 cycles and after 1 cycle matched most closely with the leaflet response in 
the circumferential and radial directions, respectively (Millon & Wan, 2006). 
 
3.3.1.4 Continuum mechanics-based constitutive modelling of polymers 
The mechanical behavior of elastomeric polymers is typically described by a hyperelastic material 
model, which defines the constitutive behavior of non-linearly elastic materials using a strain energy 
density function, rather than using the overly simplified constitutive representation of a model based 
purely on linear elasticity. Mohammadi et al. used Mooney-Rivlin hyperelastic models to describe their 
anisotropic PVA-BC nanocomposite material (Table 3.4), while Claiborne et al. used the same type of 
model for SIBS and xSIBS (T. E. Claiborne, Sheriff, et al., 2013; Mohammadi, Boughner, Millon, & 
Wan, 2009). The Mooney-Rivlin model for an incompressible material is defined by a strain energy 
density function in the form: 





𝑗, 𝑎00 = 0 
(3.30) 
where W is the strain energy density, I1 and I2 are the first and second invariants of the right Cauchy-
Green tensor respectively, and aij represents the model coefficients. To define the model for a specific 
material, the authors obtained stress-strain data from uniaxial tensile tests, calibrated their material 
models using this data and commercial finite element analysis software. The software estimates model 
parameters by performing a curve fit, using non-linear regression analysis to minimize the error between 
the predicted response and the experimental data. The stress-strain (𝜎 − ) behavior is obtained, in 
general terms, by taking the derivative of the strain energy density function W with respect to an 








The resulting material model can then be used to perform a finite element analysis of the leaflets to 
predict mechanical stresses and valve dynamics. Mohammadi et al. attempted curve fits in two principal 
directions using two, three, and five parameters and showed that the five-parameter Mooney-Rivlin model 
resulted in the least error compared to the experimental data (Table 3.4).  
 
 a10 a01 a20 a11 a02 Absolute error (%) 
Longitudinal direction       
Two parameters -0.144 -0.13 0 0 0 4.16 
Three parameters -0.446 0.499 0.0330 0 0 1.47 
Five parameters -3.906 4.095 27.240 -72.51 50.882 0.15 
Circumferential direction       
Two parameters 1.365 -1.374 0 0 0 3.38 
Three parameters 2.790 3.053 2.396 0 0 0.98 
Five parameters -26.778 28.001 184.86 -492.57 346.379 0.07 
Table 3.4: Parameters for hyperelastic Mooney-Rivlin models of anisotropic PVA-BC 
nanocomposite. This table shows the accuracy of various models using different numbers of coefficients 
(Mohammadi et al., 2009). Table reprinted with permission from SAGE Publications. 
 
While Mohammadi et al. relied on two separate models to describe the two principal directions of 
anisotropic PVA-BC, Serrani et al. developed a single hyperelastic anisotropic constitutive model to 
describe the mechanical behavior of block co-polymers with oriented cylinders (Serrani et al., 2016). The 
strain energy density 𝜓 was divided into isotropic and anisotropic contributions: 
𝜓(𝑪)  =  𝜓𝑖𝑠𝑜(𝑪)  + 𝜓𝑎𝑛𝑖𝑠𝑜(𝑪), (3.32) 
where 𝐂 is the right Cauchy-Green tensor. A Mooney-Rivlin model was used for the isotropic portion, 
while the anisotropic portion was given by 
𝜓𝑎𝑛𝑖𝑠𝑜(𝐼4) = 𝑘4 𝑙𝑜𝑔
2√𝐼4, (3.33) 
where 𝑘4 is an experimentally-determined material parameter. The pseudo-invariant 𝐼4 accounts for the 
cylinder orientation using unit vector 𝐚: 
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𝐼4 = 𝒂0 ∙ 𝑪𝒂0 = 𝒂
𝑇 ∙ 𝒂, (3.34) 
where 𝐚0 defines the cylinders’ direction in the undeformed configuration, and 𝐚 defines the 
cylinders’ direction in the deformed configuration. The authors used this model to perform a 
microstructural optimization based on simulated quasi-static loading of valve leaflets during diastole. 
Interestingly, the resulting optimum arrangement of cylinders closely matched the collagen fiber 
architecture of native leaflets, with a predominantly circumferential orientation. Although a proposed 
manufacturing technique based on injection molding technique (see Section 3.5.2 
Injection/compression/cavity molding) could not fully achieve the optimum microstructural arrangement, 
this framework should nevertheless serve as a powerful tool once the appropriate manufacturing 
technology becomes available. 
Overall, it would be helpful to see additional work performed examining the inclusion of rate-
dependency of some polymers in the computational analyses and the resulting impact on quantities of 
interest related to valve function (e.g. EOA, mechanical energy losses due to hysteresis, etc.). 
Additionally, some investigation of the effects of creep would be highly informative since the geometry 
of the valve may change drastically over time, having a potentially large impact on valve performance. In 
the longer term, the mechanics of damage due to high cycle fatigue need to be studied further. These 
insights could be highly beneficial in incorporating new models of the stress-softening failure physics into 
temporal multi-scale simulations in order to predict the likely locations of failure in the valve structure. 
Simulations of this type could potentially help guide the design of valves with dramatically increased 
durability. 
 
3.3.2 Composite biomaterials for heart valve prostheses 
3.3.2.1 Macroscale composites 
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Considering the anisotropic, hierarchical, and fibrous nature of native heart valve tissue, the ideal 
material for a prosthetic valve might be a polymer-based composite that could replicate those properties. 
Many early attempts to fabricate such a composite material have focused on reinforcing the polymer 
leaflets with synthetic, macroscale fibers. This reinforcement is presumed to extend the life of the valve 
by redistributing the load in the leaflet and reducing the maximum stress experienced by the polymer, 
while also arresting the growth of any tears (Cacciola, Peters, & Baaijens, 2000; Cacciola, Peters, 
Schreurs, & Janssen, 1996; De Hart et al., 1998). The McGoon and Roe-Moore prostheses both used 
PTFE fibers to reinforce elastomeric leaflets, and a human-implanted Roe-Moore valve reportedly 
functioned for 13 years (Kütting, Roggenkamp, Urban, Schmitz-Rode, & Steinseifer, 2011). Gerring et al. 
designed cusps made from Silastic silicone rubber with Terylene (the U.K. trade name for the PET fiber, 
also known as Dacron in the U.S.) polyester fabric reinforcement (Gerring, Bellhouse, Bellhouse, & 
Haworth, 1974). In vivo testing showed promising results, with some animals having survived for 30 
months and counting at the time of reporting. Cacciola et al. showed that a winding machine could be 
used to arrange PE fibers within EPDM rubber leaflets, and that the fibers could be placed in regions of 
high stress or oriented in different directions to mimic collagen or elastin (Cacciola et al., 2000, 1996). 
Finite element simulations of these reinforced valves suggested that the fibers carried up to 60% of the 
peak stresses and could also produce a more homogenous stress distribution (De Hart et al., 1998). As 
mentioned previously, Wang et al. developed a valve made from SIBS reinforced with a Dacron (PET) 
mesh, but dynamic creep during in vivo tests caused cracking of the SIBS and exposure of the underlying 
mesh (Wang et al., 2010). Although a crosslinked version of SIBS – xSIBS – exhibited reduced creep, its 
strength was also significantly improved, and the use of reinforcement in xSIBS was deemed unnecessary 
(T. E. Claiborne, Sheriff, et al., 2013; T. E. Claiborne, Xenos, et al., 2013; 9,382,357 B2, 2016). Recently, 
Guo et al. developed a transcatheter aortic valve with leaflets comprised of poly(ethylene glycol) 
diacrylate (PEGDA) hydrogels reinforced with anisotropic polyethylene terephthalate/polyamide6 (PET-
PA6) fabric. The PET-PA6 fabric contained highly directional fibers which were aligned with the 
circumferential direction of the prosthetic valve leaflets, and the resulting device showed good 
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hemodynamic performance with a low systolic pressure gradient (8.67 mmHg), large orifice area (1.75 
cm2), and low regurgitation (3.41%). 
 
3.3.2.2 Nanocomposites 
While the long history of macroscale composites thus far has not produced any commercially-viable 
devices, the emerging class of nanocomposite biomaterials – materials reinforced with nanoscale filler – 
has shown the potential for more promising results. One distinct advantage of using nanofillers is the 
ability to improve not only the polymer’s mechanical properties, but also its chemical properties, such as 
calcification potential and hemocompatibility (Vellayappan et al., 2015). Another advantage is that the 
valve manufacturing process is simplified – macroscale reinforcement needs to be carefully aligned and 
fixed during impregnation with the polymer matrix, while in a nanocomposite the nanoscale filler is 
already homogenously mixed into the polymer so that it can be cast monolithically. This greatly improves 
the reproducibility and scalability of the device. The small size of the filler also enables thinner leaflets, 
which is beneficial for TAVR applications where valves must be crimped to small diameters for 
percutaneous delivery. 
The most promising nanocomposite is POSS-PCU, which was developed at University College 
London (Kidane et al., 2009; 7,820,769 B2, 2010) and has since shown strong in vivo and in vitro results 
in TAVR applications (B. Rahmani et al., 2016a, 2016b). It is a polyurethane consisting of a 
polycarbonate soft segment (PCU) and polyhedral oligomeric silsesquioxanes (POSS) covalently bonded 
to a hard segment containing aromatic compounds. In addition to increasing resistance to thrombosis and 
protecting the soft segment (responsible for the polymer’s flexibility and elasticity) from degradation, the 
POSS also improved the polymer’s elastic and viscoelastic properties (Kannan, Salacinski, Butler, & 
Seifalian, 2005; Kannan et al., 2006). For 100 µm thick samples, the tensile strength of POSS-PCU was 
shown to be much higher than PCU at both 25 °C (53.6 ± 3.4 vs. 33.8 ± 2.1 MPa) and 37 °C (55.9 ± 3.9 
vs. 24.8 ± 3.4 MPa). Young’s modulus was also greatly improved in POSS-PCU (25.9 ± 1.9 vs. 9.1 ± 0.9 
MPa at 25 °C and 26.2 ± 2.0 vs. 8.4 ± 0.5 MPa at 37 °C). However, there was no significant increase in 
155 
 
elongation at break and tear strength. Regarding viscoelastic behavior, the initial creep rate of POSS-PCU 
was higher compared to PCU, but the final extension of POSS-PCU at the end of the creep test was much 
lower. The nanocomposite was later incorporated into a prototype transcatheter valve where it contributed 
to markedly improved hydrodynamics compared to a commercial bioprosthetic valve, showing a larger 
effective orifice area, lower transvalvular pressure differential, and lower energy loss, although the design 
of the valve itself was likely also a factor (B. Rahmani et al., 2016a, 2016b; Benyamin Rahmani, 
Tzamtzis, Ghanbari, Burriesci, & Seifalian, 2012). 
Two other nanocomposites, one using bacterial cellulose (BC) as filler and the other using carbon 
nanotubes, are still in the early stages of development but could yield very interesting results. With a 
focus on mechanical properties, Millon and Wan incorporated bacterial cellulose (BC) fibers into a 
polyvinyl alcohol (PVA) hydrogel (Millon, Mohammadi, & Wan, 2006; Millon & Wan, 2006; 
Mohammadi, 2011). They were able to achieve anisotropic tensile properties approximating native tissue 
by pouring PVA-BC into a mold, then thermally cycling the mold while it was held at 75% strain (Table 
3.4) (Mohammadi, 2011). Work is currently underway to develop a prototype aortic valve from this 
material (Mohammadi et al., 2009; Mohammadi & Fradet, 2018). Recently, Rozeik et al. investigated the 
use of carbon nanotubes to reinforce ultra-thin (50 µm) leaflets, potentially for TAVR applications where 
valves must be crimped to small diameters (Rozeik, Wheatley, & Gourlay, 2017). The secant modulus of 
the neat polymer, Carbothane®, was increased by adding 0.5% w/w of nanotubes, but there was no 
significant additional increase in the secant modulus at a 1.0% concentration. It was also observed that 
increasing the concentration of carbon nanotubes led to decreased fatigue life, possibly due to increased 
brittleness. The authors noted that there were still many parameters to be studied, including 
functionalization of the nanotubes. They generated several surgical valve prototypes with nanotube-
reinforced leaflets but did not publish any in vitro testing data. 
 
3.4 Valve geometry 
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The geometry of the leaflets directly affects performance and durability. It has been shown that using 
a geometry with more physiological flow leads to improved hemodynamics and lesser risk of thrombosis 
(Ghista, 1976), while as mentioned previously, abnormal flow patterns can result in increased forces on 
the arterial wall, leading to dilatation and possible aneurysm development (Den Reijer et al., 2010; 
Girdauskas et al., 2011). Leaflet geometry also affects internal stresses, which appear to be related to 
calcification (G. M. Bernacca et al., 1995; T. E. Claiborne, Xenos, et al., 2013). Therefore, it is generally 
accepted that it is desirable to match the geometry of a polymeric valve to the natural valve geometry as 
closely as possible. 
This is no easy task. The natural heart valve is a complex structure, and its organic shape defies 
simple characterization. Many attempts have been made to describe heart valve leaflets geometrically as 
semilunar, sigmoid, parabolic, or using cylinders, cones, ellipses, and other mathematical descriptions (D. 
Bezuidenhout et al., 2015; Hamid, Sabbah, & Stein, 1986; J. L. Mercer, 1975; M. J. Thubrikar, 1990). 
Similar constructs have been used to define the geometries of leaflets for prosthetic devices (Table 3.6). 
Although none can match the complexity of the natural valve, they serve as a suitable starting point for 
developing prostheses and for understanding heart valve dynamics. 
 
3.4.1 Bileaflet valves 
Though the focus of this review is on trileaflet valves, it is worth including some information on 
polymeric bileaflet valves to provide additional context. The first polymeric device to be successfully 
implanted in a human was a bileaflet mitral valve developed by Braunwald in 1959 (Braunwald, Cooper, 
& Morrow, 1960). The valve shape was obtained from casts of animal and human valves. The leaflets 
were fabricated from Dacron fabric infused with PU in a mold, and the chordae were woven from Teflon. 
The ADIAM polycarbonate urethane (PCU) bileaflet valve is one of the most successful flexible 
leaflet valves, having reached 1 billion (109) cycles during in vitro testing. The valve design includes a 
large anterior leaflet and smaller posterior leaflet which mimics the native mitral valve and encourages 
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physiological flow patterns (Sachweh & Daebritz, 2006). In vivo testing showed trivial regurgitation, no 
thrombus formation, and no signs of structural damage or calcification. Despite these successes, the valve 
never reached the clinical phase of study (Kütting et al., 2011), highlighting the difficulty in obtaining 
regulatory approval for such high-risk devices. 
 
3.4.2 Trileaflet valves 
Trileaflet configurations are desirable as they are geometrically similar to the natural aortic and 
pulmonary valves, permitting central flow which helps to minimize blood trauma and risk of thrombosis 
(Gerring et al., 1974; Ghista, 1976; Gregoric et al., 2004). In vivo studies comparing the trileaflet and 
bileaflet valves show lower pressure gradients (6 mmHg for trileaflet and 12 mmHg for bileaflet) and less 
regurgitation of trileaflet valves compared to bileaflet valves (Gregoric et al., 2004). The reduction in 
blood trauma with the combination of superior stress distribution along the leaflets compared to bileaflet 





Figure 3.6. Geometries of polymeric trileaflet valves. (a) Ellipto-hyperbolic leaflet geometry from the 
Glasgow group. In the closed position, the geometry is elliptical in the radial direction (x-z plane) and 
hyperbolic in the circumferential direction (x-y) plane (Mackay et al., 1996). (b) Design schematic from 
the UCL group showing the various geometric parameters to be optimized using structural FEA: leaflet 
height h, leaflet angle 𝜷, commissural distance s, reflection angle to valve axis 𝝋, and reflection angle to 
valve radius 𝝑 (Burriesci, Marincola, & Zervides, 2010). (c) Schematic of design process by Claiborne et 
al. showing original prosthetic heart valve (PHV) made with SIBS-Dacron composite leaflets, 
computational optimization of leaflet thickness distribution, and final optimized valve design for 
homogeneous xSIBS leaflets (T. E. Claiborne, Xenos, et al., 2013). Figures reprinted with permissions 
from Elsevier, Taylor & Francis, and Wolters Kluwer Health. 
 
Initial development of trileaflet valve geometry dates to 1958 when Roe and Moore proposed a 
design with cone-shaped leaflets, which were thought to be less resistant to opening during forward flow 
than dome-shaped cusps (Roe, Kelly Jr., Myers, & Moore, 1966; Roe, Owsley, & Boudoures, 1958; Roe 
& Moore, 1958). Later, Ghista and Reul studied the leaflet geometry analytically, based on the principal 
radii of curvature and subtending angles defined by Chong (Chong, Wieting, Hwang, & Kennedy, 1973), 
to determine the optimal shapes for achieving smooth washout, minimum leaflet stress, and good 
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coaptation (Ghista & Reul, 1977). The optimized design enabled tangential flow and mutual support of 
the leaflets along the whole closure rim, resulting in durability of more than 350 million cycles in vitro. 
Wisman et al. designed a segmented polyurethane (SPU) trileaflet valve using 3 hemicylindrical 
leaflets and a flexible support framework. In vitro testing showed good hydraulic function and efficiency. 
In vivo performance varied between growing calf and adult animals, with dystrophic calcification and 
thrombosis when implanted in growing calves, but longer survival and less calcification when implanted 
in mature animals (Wisman et al., 1982). 
In developing a valve for a ventricular assist device (VAD), Fisher et al. at the University of Leeds 
analyzed previous leaflet geometries and showed that an increased radius of curvature at the base of the 
leaflets would improve opening characteristics. The new leaflet geometry was described in terms of a 
variable curvature. A weighting term was used to vary the leaflet resistance to opening by controlling the 
rate of increase in curvature from the leaflet free edge to the base towards the base of the valve, reducing 
the opening pressures by over 40%. Leaflet thickness was also varied, with a value of 180 μm leading to a 
pressure differential of less than 1 mmHg (Leat & Fisher, 1994). 
The Glasgow group described their leaflet geometry using conic sections - elliptical radially and 
hyperbolic circumferentially (Figure 3.6a) (Mackay et al., 1996). The geometry was meant to 
approximate the leaflet shape of a bovine pericardial bioprosthetic valve. Hyperbolic parameters were 
also adjusted to enable efficient coaptation with minimal stretching of the leaflets. The authors also 
discussed the effects of valve frame design and leaflet attachment location. During accelerated fatigue 
testing, the valve performed for the equivalent of 10 years without failure and showed good 
hydrodynamic performance. A later design from the same group used a conical geometry for the leaflet 
area adjacent to the frame to permit buckling and facilitate opening and closing, while the upper leaflet 
area was spherical to provide a stable closed position and ensure good coaptation (Butterfield et al., 
2001). In vitro durability testing reached 360 million cycles and showed greater effective orifice area 




Based on the hyperbolic geometries from Leeds and Glasgow, Jiang et al. defined leaflet shapes 
using a hyperboloid of revolution. Parameters were calculated to meet certain criteria such as coaptation 
at the commissures, a small central opening, and only moderate curvature of the free edge when in the 
closed position. This was compared to a second design defined by an arc subtending two straight lines, 
which gave better control of the central opening and leaflet curvature (Jiang, Campbell, Boughner, Wan, 
& Quantz, 2004b). However, it was later noted that these designs suffered from gaps between adjacent 
leaflets and a large central orifice in the closed position. Additionally, the designs did not account for the 
properties of the valve material (Mohammadi et al., 2009). 
The aforementioned valve designs have relied in large part on experimental methods to evaluate their 
performance. Additionally, the designs are typically based on relatively simple mathematical equations 
that assist in describing the geometry. As previously mentioned, both the tasks of designing and 
subsequent evaluation/analysis are considerably complex. In recent years great strides have been taken in 
improving the quality of computational methods for predicting the performance of particular valve 
designs. Numerical simulations including structural finite element analysis (FEA), computational fluid 
dynamics (CFD), and, more recently, incorporation of the fluid-structure interaction (FSI) physics have 
proven to be important tools for optimizing valve designs, resulting in the improvement of a variety of 
valve performance metrics. Fluid-structure interaction models incorporate the solid structural physics, the 
physics of fluid flow, and the highly nonlinear interaction between the two. This is in contrast to both 
computational fluid dynamics simulations, in which the solid structure is usually assumed to be fixed, and 
typical structural finite element simulations where the fluid effect is typically reduced to an assumed 
pressure distribution. In the remainder of the section we will mention first a few studies utilizing FEA and 
CFD tools independently to improve the valve design, followed by a selection of work incorporating the 
FSI capability. 
In order to improve on the designs of Jiang et al., Mohammadi et al. utilized Bezier surfaces, which 
could be easily altered by manipulating control points in computer aided design (CAD) software 
(Mohammadi et al., 2009). Combined with structural FEA, this enabled the authors to quickly analyze 
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various geometries using the relevant material properties and select an optimum design that addressed the 
deficiencies of the previous hyperboloid designs. Although fluid flow was not incorporated, the structural 
simulations showed acceptable opening and closing dynamics and stress distributions within the 
physiologic range for native aortic valves. 
In a similar optimization study, Burriesci et al. designed a low-profile semi-stented aortic valve. The 
geometry was defined as a ruled surface between the intersection of the stent cylinder with a plane and an 
arc joining the commissures, lying on a plane normal to the valve axis (Burriesci et al., 2010). Structural 
FEA software was used to optimize certain geometric features of the valve (Figure 3.6b) in order to 
maximize the geometric orifice area (GOA) and decrease stress amplitudes in the leaflets. Since no fluid 
flow was simulated, the typical effective orifice area (EOA) metric was replaced with the largest 
geometric orifice opening area during a cardiac cycle (termed the GOA). Subsequent in vitro testing 
confirmed a larger EOA compared to a reference valve using the ellipto-hyperbolic geometry from the 
Glasgow group (Mackay et al., 1996), along with reductions in regurgitation and the transvalvular 
pressure differential. Echoing studies that we have previously discussed, it was determined that the leaflet 
thickness significantly affected the hydrodynamic function. Valves with the thinnest leaflets exhibited the 
largest EOA and the lowest pressure differential, regurgitation, and energy loss (Benyamin Rahmani et 
al., 2012). This design was later incorporated into the investigational TRISKELE transcatheter aortic 
valve (B. Rahmani et al., 2016a, 2016b).  
Another interesting work based on structural FEA, without incorporation of fluid flow physics, is a 
parametric study by Li and Sun in which 500 different geometric realizations were analyzed in the closed 
position in order to determine the effect of certain geometric parameters on the peak leaflet stress (K. Li 
& Sun, 2017). Subsequent numerical optimization of these geometric parameters showed a potential 5% 
reduction in the peak stress with respect to the original leaflet design. A design study by Claiborne et al. 
found that stress distribution within the leaflets could be optimized by varying the thickness across the 
leaflet (Figure 3.6c) (T. E. Claiborne, Xenos, et al., 2013). The leaflet shape was hemispherical, and 
coaptation was maximized using a flat leaflet profile. The final optimized design had a leaflet with 
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varying thickness from 180-250 μm, producing an EOA of 1.44 cm2. Structural FEA simulating static 
loading in the closed position demonstrated superior stress distribution compared to other polymeric 
valves. Separate CFD simulations of blood flow through both a fixed open and closed geometry of the 
valve showed improved hemodynamics and reduced thrombogenicity. 
Trileaflet heart valve designs based on simulations incorporating the highly nonlinear fluid structure 
interaction physics are becoming increasingly prevalent. Compared with results from FEA simulations 
excluding the fluid flow physics, both Piatti et al. (Piatti et al., 2015) and Hsu et al. (Hsu et al., 2015) 
remark on the importance of performing the FSI analyses in order to obtain accurate predictions of the 
valve opening response. Gharaie and Morsi used a FSI model to optimize and test the performance of 
their design, showing improved hemodynamic characteristics and structural integrity (increased EOA, 
reduced regurgitation, reduced transvalvular pressure differential, lower leaflet stresses,) compared to the 
ellipto-hyperbolic geometry from the Glasgow group (Gharaie & Morsi, 2015; Mackay et al., 1996). The 
leaflet surface was obtained by sweeping a circumferential curve along a radial curve. The circumferential 
curve was optimized to obtain a parallel free edge for good coaptation and to create a small central orifice 
area to minimize regurgitation. In selecting the curvature in the radial direction, care was taken to avoid a 
curvature that would be too high and thus interfere with the flow vortex in the sinuses of Valsalva, while 
still permitting sufficient leaflet displacement. 
Additionally, both Hsu et al. (Hsu et al., 2015) and Xu et al. (Fei Xu et al., 2018) constructed 
parameterized leaflet geometries using NURBS surfaces and splines, which provide a very useful 
framework for design optimization based on movement of the associated control points. Xu et al. provide 
a very interesting and advanced framework for providing optimized replacement valves on a patient-
specific basis. Each design’s performance is evaluated using a fully coupled FSI simulation using models 
derived from the patient’s medical imaging. Though highly computationally demanding (it can take 1-2 
days to simulate one cardiac cycle with FSI), it is a reasonable expectation that these predictive methods, 
when coupled with techniques from numerical optimization, will yield very efficient and durable valve 
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designs. As remarked by Xu et al., combining these computational methods with the emerging field of 3D 
bioprinting could provide a viable path for optimal patient-specific valve replacements. 
 
3.5 Valve manufacturing methods 
Polymer valve manufacturing methods can be grouped into three general categories: dip molding, 
film fabrication, and injection/compression/cavity molding (Table 3.7). While each method has distinct 
advantages and disadvantages, the choice of method is often dictated by the chemical properties of the 
selected valve material. Polymers that are readily soluble in organic solvents, such as polyurethanes, are 
amenable to dip molding or film fabrication via solvent casting. Materials that are more chemically stable, 
such as silicone, must be heated to a melt and then shaped into leaflets via compression molding or cavity 
molding. The fabrication process can have a significant impact on valve performance and durability, 
affecting critical areas such as the leaflet-frame interface. 
 
3.5.1 Dip molding 
Dip molding, also referred to as dip coating or dip casting, generally produces valves with good 
durability. Several valve prototypes produced by dip-molding have reached several hundred million 
cycles in vitro and shown promising in vivo results. The dip molding process is simple in concept. First, a 
mold or mandrel with the desired leaflet geometry (Figure 3.7a) is dipped into a polymer-solvent 
solution, which is typically heated to a temperature between 60-80 °C. Upon removal, a layer of solution 
is adhered to the mold. The mold is then heated to remove the solvent by evaporation (drying), leaving a 
thin film of the polymer. These steps can be repeated until the desired polymer thickness is achieved. The 
valve frame or stent can be dipped together with the mold in the first step or in subsequent dipping steps. 
This enables a smooth transition and durable bond between the leaflets and the frame, even if the frame is 
constructed from a dissimilar material such as nitinol (B. Rahmani et al., 2016a, 2016b) or PEEK (Leat & 
Fisher, 1995). In practice, achieving repeatability with dip molding requires precise control of many 
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factors, including polymer concentration and solution viscosity, mold shape and surface roughness, mold 
orientation during dipping and drying, dipping speed, and atmospheric conditions. Due to the fluid state 
of the polymer, manipulation of any of these variables easily affects leaflet thickness and uniformity and 
could potentially introduce defects such as bubbles. Mackay et al. and Rahmani et al. showed that even in 
a well-controlled process, thickness can vary in the range of ~50% within the same leaflet (Mackay et al., 
1996; Benyamin Rahmani et al., 2012). Some research groups have introduced robotic mechanisms to 
improve control of the dipping step and also to tumble the mold during drying to improve uniformity of 
polymer distribution (Jansen & Reul, 1992; B. Rahmani et al., 2016a). However, Daebritz et al. 
intentionally varied the leaflet thickness distribution to reduce stress at the commissures. Rather than 
dipping a mold into polymer solution, a dropping technique was used to deposit PCU onto the mold in a 
controlled manner, enabling variation of thickness across the leaflet from 80-200 µm (DAEBRITZ et al., 
2004; Daebritz, 2003; Daebritz et al., 2004; Sachweh & Daebritz, 2006). The PCU droplets coated the 
whole valve, including the stent which was made from a harder PCU, thus providing a strong bond 
between the stent and the leaflets. 
 
Figure 3.7. Fabrication methods for polymeric valves. (a) Polished stainless steel molds for dip-
molding (Herold et al., 1987). (b) Illustration of compression mold used for manufacture of xSIBS valve 
(O. M Rotman et al., 2018). (c) ePTFE films used for fabrication of prosthetic valve leaflets. (Left) Single 
layer of ePTFE film. (Right) Laminated 8-layer ePTFE film with 15-layer regions for reinforcement. A 
single layer is porous and white in appearance, while multilayer laminates are nonporous and transparent. 
Leaflet shapes were cut according to the scallop-shaped template (E. Imamura & Kaye, 1977). Figures 
reprinted with permissions from Elsevier and Springer Nature. 
 
3.5.2 Injection/compression/cavity molding 
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Compared to dip molding, a significant advantage of injection, compression, and cavity molding 
techniques is that the leaflet thickness can be defined entirely by the mold, greatly improving 
reproducibility. Injection molding involves the melting of a polymer and then the application of pressure 
to force the polymer melt through an inlet and into a mold. The flow of the polymer melt normally 
imparts some directionality to the polymer chains (Isayev & Crouthamel, 1984). Stasiak et al. used this 
behavior to achieve anisotropy in leaflets made from poly(styrene-block-isoprene-block-styrene) 
containing 30 wt% styrene (SIS30), a block copolymer with cylindrical morphology (Stasiak et al., 2014). 
The polymer was heated to 160 °C and injected at a pressure of 8.51 MPa through a 1 mm diameter inlet 
pipe into the top of a valve-shaped mold. SAXS revealed a bi-directional orientation of the copolymer 
that was governed by a balance between shear and extensional flow during the injection molding process. 
Shearing occurred in the radial direction at the interfaces between the polymer and the mold, resulting in 
radially oriented cylinders at the leaflet surfaces, while elongation forces due to extensional flow 
produced circumferentially oriented cylinders at the center of the leaflet thickness. The ratio of radial to 
circumferential orientation could be controlled by varying the flow rate and sample thickness. As 
discussed earlier (see Section Continuum mechanics-based constitutive modelling), this technique was 
limited in that it could not fully reproduce a computationally optimized arrangement, where the cylinders 
were predominantly oriented in the circumferential direction. It would be interesting to see if further 
improvements can be made in order to realize this optimum microstructure. Injection molding has also 
been proposed as a technique to make valves for VAD’s (Escobedo et al., 2006; US6165215A, 2000; 
Sacristan et al., 2003). However, one major disadvantage of this technique is that polymer flow and 
inhomogeneous cooling typically lead to residual stresses that can impact valve dynamics and reduce 
valve durability (Isayev & Crouthamel, 1984). 
Compression molding involves preheating of the polymer and then placing it in an open mold. The 
mold is then closed, and a pressure is applied to force the material into all the parts of the molding box. 
Heat and pressure are maintained in the molding box until the material has cured. Claiborne et al. used to 
this method to fabricate valves from xSIBS, heating the mold up to 260 °C and compressing with 1 ton of 
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force (Figure 3.7b) (T. E. Claiborne, Sheriff, et al., 2013; O. M Rotman et al., 2018). This process can be 
simplified by using materials that do not require high heat, but instead can cure at room temperature 
(Chetta & Lloyd, 1980).  
Jiang et al. used a similar process, termed cavity molding as it does not require pressure, to fabricate 
a valve from PVA-C hydrogel (Jiang, Campbell, Boughner, Wan, & Quantz, 2004a). After filling the 
mold with hot PVA solution, it was sealed, placed in a water bath, and then subjected to cycles of 
alternating freezing at -20 °C and thawing at +20 °C to form the device. It was noted that dipping and 
film fabrication methods were not suitable because solidification and mechanical properties of PVA-C are 
determined by the freeze/thaw cycles. The leaflets, stent, and sewing ring were formed from the same 
material in a single step, ensuring these components were well-integrated. 
 
3.5.3 Film fabrication 
Film fabrication is the technique of manually manipulating flat polymer films into the desired valve 
geometry. Rather than fabricating the film in the leaflet shape directly, a flat film is first obtained by any 
of a variety of techniques such as solution casting, compression molding, or extrusion. The film is then 
trimmed to leaflet dimensions and attached to the valve frame by solvent bonding or suturing. The leaflets 
can be set into a specific geometry by thermal forming (Leat & Fisher, 1995). Expanded 
polytetrafluoroethylene (ePTFE) is an example of a material that cannot be easily processed by solvents 
or conventional molding since it retains the chemical inertness of PTFE and has a microporous structure 
that can be easily degraded by heat treatment (G. Zhu, Yuan, Yeo, & Nakao, 2015). Therefore, attempts 
to incorporate ePTFE into heart valves typically require the acquisition of pre-processed films from 
commercial sources. The films are then manipulated into valve configurations by trimming and suturing 
(Figure 3.7c) (Ando & Takahashi, 2009; E. Imamura & Kaye, 1977; Koh et al., 2005; Nistal et al., 1990; 
B. Zhang et al., 2014). 
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One disadvantage of this method is the resulting weakness of the critical leaflet-frame interface. 
Sutures, for example, introduce stress concentrations that can severely limit valve durability. It was 
mentioned previously that in dipping techniques, the leaflets are formed and bonded to the frame in a 
single step, providing a seamless transition. Leat and Fisher performed an interesting comparison of film 
fabrication and dip molding (Leat & Fisher, 1995). They showed that PU valves manufactured by film 
fabrication and solvent bonded to a PEEK frame tended to suffer subsequent debonding, resulting in low 
durability and failure prior to 100 million cycles. However, valves manufactured by dip molding had no 
such problems and had reached 160 million cycles by the time of publication.  
In general, dip molding and injection, compression, and cavity molding appear to be the most 
promising techniques for the fabrication of polymeric valves. Injection, compression, and cavity molding 
offer the most reproducibility for achieving certain leaflet thicknesses, while dip molding has thus far 
produced the most durable valves. Film fabrication techniques are conceptually the simplest, but they 
typically result in a weak leaflet-frame interface, limiting durability. In terms of resources, injection, 
compression, and cavity molding require the most specialized equipment, as the raw polymer must be 
brought to high temperatures and/or pressures. A basic dip molding setup requires little more than a 
valve-shaped mold and a hot plate to heat and dissolve the polymer, but any attempt to improve the 
reproducibility of leaflet thicknesses would require specialized robotic equipment. Film fabrication 
requires the least investment in equipment, but it can also be the most labor intensive if one is to perform 
manual suturing. Thus, both film fabrication and dip molding are appropriate for prototyping, while dip 
molding and injection, compression, and cavity molding could be considered for scalable production. 
 
3.6 Summary and future directions 
The native heart valve is an intricate mechanism specially suited to operate for billions of cycles in a 
dynamic loading environment in the most critical organ of the body. A thorough understanding of native 
heart valve leaflet tissue properties can inform materials design and selection for prosthetic valves. To 
168 
 
facilitate the translation from native valve properties to prosthetics design, this review has discussed the 
functional microstructure and complex mechanical behavior of native leaflets as revealed through 
uniaxial, biaxial, flexural, fatigue and viscoelastic testing. Polymers also exhibit complex mechanical 
behavior characterized by hyperelasticity, viscoelasticity and plasticity. Yet, early development of 
prosthetic valves took a very simplistic view of polymer mechanical properties, relying on linear elastic 
models of the material. Since the microstructural behavior of the native valve is so crucial to its success, 
so too must we account for the same level of complexity in synthetic valve materials. Recent development 
of anisotropic nanocomposites and block copolymers, anisotropic hyperelastic material models, and 
computational tools for microstructure optimization show a growing recognition for the need to bridge 
this gap. It is expected that continued advancements in materials design, along with increasingly accurate 
mathematical models describing and predicting the underlying physics, will contribute to significant 
improvements in valve performance. 
The effect of polymer mechanical properties on valve performance and durability is inextricably 
linked to the geometry of the valve leaflets. While the geometry of a native valve can be easily cast and 
replicated, this may not necessarily result in optimal performance for a polymeric valve. As an extreme 
example, stiff pyrolytic carbon is well-suited for valves with tilting disk geometries, but the use of 
pyrolytic carbon leaflets in a configuration without hinges would result in a non-functioning valve that 
cannot open or close. Leaflet design has long been guided largely by intuition, but in theory one could 
optimize the geometry for any given material. While some studies have attempted relatively simple 
problems, such as optimizing leaflet thickness distribution under static diastolic loading, recent advances 
in computer power have enabled the development of complex FSI models where it is possible to consider 
all components of the valve under dynamic physiological conditions. The improved accuracy of these 
simulations, coupled with techniques in numerical design optimization, could lead to further, unexpected 
insights regarding valve design. 
The fabrication process for polymeric valves is largely governed by the choice of valve material, but 
it has also been shown that certain manufacturing techniques can be used to tune the microstructure of the 
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material, itself such as in the case of oriented block copolymers. Furthermore, the choice of 
manufacturing technique can impose constraints on leaflet geometry (e.g. thickness) while also directly 
affecting valve durability. Here, one can hardly make a comparison to the growth of native valves. 
Nature’s ability to synthesize, repair, and remodel biological tissue from the nanoscale to macroscale 
clearly surpasses any existing man-made technology. However, recent developments in self-healing 
polymers and 3D printing of soft materials highlight potential pathways for the manufacture of artificial 
organs (Jammalamadaka & Tappa, 2018; Kowalski, Bhattacharya, Afewerki, & Langer, 2018). 
The clinical success of polymeric valves still faces some extraordinary challenges. Significant 
advancements in materials science and in valve design and manufacturing are needed before polymeric 
heart valves become preferred with respect to standard mechanical and bioprosthetic valves. However, 
transcatheter aortic valve replacements (TAVR) are an emerging class of prosthetic valves where 
polymers show excellent potential, and this review has highlighted a few examples of polymeric valves 
currently being developed for TAVR applications (B. Rahmani et al., 2016a, 2016b; Benyamin Rahmani 
et al., 2012; O. M. Rotman, Bianchi, Ghosh, Kovarovic, & Bluestein, 2018; O. M Rotman et al., 2018; 
Oren M. Rotman, Kovarovic, Bianchi, et al., 2019; Rozeik et al., 2017). TAVR may very well soon 
replace surgical aortic valve replacements (SAVR) as the gold standard in valve replacements, as the 
recent PARTNER 3 clinical studies showed that bioprosthetic TAVR produced outcomes that were 
superior to or at least as good as bioprosthetic SAVR (Mack et al., 2019). Polymeric TAVR, however, has 
an advantage over bioprosthetic TAVR in that polymeric leaflets can be crimped with little or no impact 
on leaflet mechanics (Oren M. Rotman, Kovarovic, Bianchi, et al., 2019), while crimping of the 
biological tissue in bioprosthetic TAVR is known to produce irreversible damage to collagen fibers 
(Alavi, Groves, & Kheradvar, 2014; O. M. Rotman et al., 2018). Polymeric valves can also be fully 
integrated into polymeric valved conduits (Ando & Takahashi, 2009; Russell et al., 1980) that can be 
easily crimped to a low diameter, allowing for easy transcatheter deployment even in patients with small 
native femoral vessels (e.g. children, adolescents and young adults) and obstructed vessels (e.g. 
atherosclerosis in adults). Finally, the inherent compliance of the polymer material would permit such a 
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tubed device to adapt and conform to a wide range of anatomies and could even permit multiple valve-in-
valve procedures, whereas bioprosthetics are currently limited to one or two. The promise of transcatheter 
deployment technology, coupled with the latest developments in polymeric valve materials, modelling, 
and fabrication, suggest that we are steadily converging to an ideal valve replacement solution. Clearly, 
there is much work to be done overall, but one hopes that we are on the cusp of a breakthrough. 
 
3.7 Author contributions and acknowledgments 
My specific contributions in this chapter were the research and writing of the majority of this 
manuscript. I would also like to acknowledge the contributions of my coauthors, including Dr. Jonathan 
Russ and Costas Paschalides, who helped to research and write various sections. Dr. Giovanni Ferrari, 
Prof. Haim Waisman, Prof. Jeffrey W. Kysar, and Dr. David Kalfa provided valuable editing, feedback, 
and direction. 





Year Authors(s) Material Mechanical properties References 
1958 Roe et al., 
San Francisco 
Silastic No. 50 Tensile strength = 5 MPa 
Elongation at break = 250% 
Hardness (Shore A) = 75 
(Roe & Moore, 1958; 
Roe et al., 1958) 
1966 Roe et al., 
San Francisco 
General Electric No. 
SE-555 
Tensile strength = 11 MPa 
Elongation at break = 850% 
Hardness (Shore A) = 45 
Tear strength = 44 kN/m 
(Roe & Moore, 1958; 
Roe et al., 1958) 
1977 Reul & Ghista, 
HIA 
Avcothane-51 E = 2.4 MPa (100% elongation at 37° C) 
E = 4.4 MPa (300% elongation at 37° C) 
Tear strength (Trouser) = 37 kN/m 
(Ghista & Reul, 1977; 
McMillin, 1983) 
1977 Imamura & 
Kaye, 
Mayo Clinic 
ePTFE Tensile strength = 413 MPa (E. Imamura & Kaye, 
1977) 
1982 Wisman et al., 
Penn State 
SPU Tensile strength = 46 MPa 
Elongation at break = 750% 
Stress at 100% elongation = 5.9 MPa 
Hardness (Shore A) = 75 
(Boretos & Pierce, 
1967; Wisman et al., 
1982) 
1987 Hilbert et al., 
NIH and FDA 
Biomer E = 2.5 MPa (100% elongation at 37° C) 
E = 4.0 MPa (300% elongation at 37° C) 
Tear strength (Trouser at 37° C) = 9.6 kN/m 
Initial modulus E = 7.8 MPa 
Tensile strength = 44 MPa 
Tear strength = 70 kN/m 
(Hilbert, Eidbo, Jones, 
Ferrans, & Tomita, 




1987 Herold et al., 
HIA 
Cardiomat 610 Tensile strength = 28.0 MPa 
Elongation at break = 500% 
Hardness (Shore A) = 80 
(Herold et al., 1987) 
  Mitrathane M2007 Tensile strength = 39.2 MPa 
Elongation at break = 775% 
Hardness (Shore A) = 65 
 
  Pampul-3 Ameo Tensile strength = 49.0 MPa 
Elongation at break = 605% 
Hardness (Shore A) = 75 
 
  PUR 1025/1 Tensile strength = 50.6 MPa 
Elongation at break = 649% 
Hardness (Shore A) = 87 
 
1995 Leat & Fisher, 
Leeds 
Eurothane 2003 E = 6 MPa (Leat & Fisher, 
1994, 1995; Leat et 
al., 1992) 
  IT C34 E = 7-10 MPa  
1995 Wheatley et al., 
Glasgow 
Estane® 58201 no data given (G. M. Bernacca et al., 
1995; Mackay et al., 
1996) 
  Estane® 58315 E = 16.2 MPa (Gillian M. Bernacca et 
al., 2002; Wheatley et 
al., 2000) 
  Elast-EonTM & variants E = 5.0-63.6 MPa  
2001 Fisher et al., 
Leeds 




2009 Seifalian et al., 
UCL 
POSS-PCU At 37° C 
Young’s modulus = 15.9-26.2 MPa 
Tensile strength = 31.0-55.9 MPa 
Elongation at break = 762.7-852.4% 
Tear strength (Die C) = 50.9-63.4 N/mm 
(Kidane et al., 2009; B. 
Rahmani et al., 2016a, 
2016b; Benyamin 
Rahmani et al., 2012) 
2009 Mohammadi et 
al., Ontario 
PVA-BC 2, 3, and 5-parameter isotropic Mooney-
Rivlin hyperelastic models based on tensile 
test data for anisotropic PVA-BC, one set of 
models for longitudinal direction and another 
set for circumferential direction 
(Millon et al., 2006; 
Millon & Wan, 2006; 
Mohammadi et al., 
2009; Mohammadi & 
Fradet, 2018) 
2010 Bluestein et al, 
Innovia & 
Stony Brook 
SIBS-Dacron, xSIBS 2-parameter isotropic Mooney-Rivlin 
hyperelastic model based on tensile test data 
xSIBS tensile strength = 5 MPa 
(T. E. Claiborne, 
Sheriff, et al., 2013; T. 
E. Claiborne, Xenos, et 
al., 2013; Gallocher, 
2007; Gallocher et al., 
2006; O. M. Rotman et 
al., 2018; O. M Rotman 
et al., 2018; Wang et 
al., 2010) 
2014 Prawel et al., 
Colorado State 
HA/LLDPE IPN E = 76.49-99.71 MPa 
Yield strength = 8.23-9.74 MPa 
Elongation at break = 476-787% 
Bending stiffness = 12.93-21.72 nN·m2 
(Prawel et al., 2014) 
2015 Zhu et al., 
Singapore 
ePTFE E = 34.17 ± 0.54 MPa 
 
(G. Zhu et al., 2015) 
2019 Guo et al., 
Shenyang 
PEGDA/PET Storage modulus: 
Parallel to fibers = ~23.30 MPa 
Perp. to fibers = ~9.68 MPa 
(Guo et al., 2019) 
Table 3.5: Available data on mechanical properties of polymers for use in implantable prosthetic 
heart valves.  
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Year Author(s) Geometry/description  Results References 
Bileaflet valves    
1959 Braunwald & 
Morrow, 
Boston 
Shape based on plaster casts of human and animal 
mitral valves 
In vivo – Human implant 
(mitral), 60 hours and 4 




et al., 1960) 
2003 Iwasaki et al., 
Waseda 
Valves for pulsatile pumps 
Type A – Circular flexible disc attached to a frame 
along the diameter, producing two flaps. 
Type B – 12-spoke structure cast from polyurethane 
with a 150 μm disc on top 
In vitro – Type A: 8.8 x 
105 cycles  
Type B – 3.7 x106 cycles 
(Iwasaki et al., 
2003) 
2006 Daebritz et al., 
Munich 
Kidney shaped stent with two asymmetrical struts 
supporting a large anterior and smaller posterior leaflet 
In vitro – 1 billion (109) 
cycles 
(Daebritz, 2003; 




Trileaflet valves    
1958, 1966 Roe et al., 
San Francisco 
Conical cusps, shown to be less resistant to opening 
than dome-shaped cusps 
In vitro - 786 million 
cycles 
In vivo – 18 clinical human 
implants, 4 post-operative 
survivors from 79-100 
months 
(Roe, 1969; Roe 
et al., 1966, 
1958; Roe & 
Moore, 1958) 
1977 Reul & Ghista, 
HIA 
Analytical determination of shapes for smooth 
washout, minimum leaflet stress and fatigue 
lifetime of 20 years 
In vitro – 350+ million 
cycles 
(Ghista, 1976; 
Ghista & Reul, 
1977) 
1982 Wisman et al., 
Penn State 
3 hemicylindrical leaflets of 10 mm diameter each 
angled with respect to the flow axis, with flexible 
support framework  
In vitro – good hydraulic 
function and efficiency 
In vivo – calcification and 
thrombosis in growing 
calf, longer survival and 
less calcification in mature 
animals 
(Wisman et al., 
1982) 
1994 Fisher et al., 
Leeds 
Variable radius of curvature where the radius of 
curvature of leaflet increases away from the center 
of the valve towards the base of the leaflet 
In vitro – 180 μm leaflets 
produced a pressure drop 
of less than 1 mmHg 
(Leat & Fisher, 
1994) 
1996 Wheatley et al., 
Glasgow 
Leaflet geometry is elliptical radially and 
continuous hyperbolae circumferentially 
In vitro – 800 million 
cycles 
In vivo – 6-month survival 
in sheep 




Mackay et al., 
1996; Wheatley 
et al., 2000) 
2004 Jiang et al., 
Ontario 
Hyperboloids of revolution: control of central 
opening and leaflet curvature by varying parameters 
such as coaptation at commissures and curvature of 
free edge 
In vitro – successful 
demonstration of 
opening/closing of valve 
using a cyclic flow tester 
(Jiang et al., 
2004a) 
2009 Mohammadi et 
al., Ontario 
Bezier curves/surfaces FEA showed acceptable 
opening/closing 






2009 Bluestein et al., 
Stony Brook 
Hemispherical geometry, originating from 
Thubrikar’s characterization, leaflet thickness 
varying along the radial direction 
FEA and fluid dynamic 
simulations showed 
superior stress distribution 
and improved 
hemodynamics  
(T. E. Claiborne, 
Sheriff, et al., 
2013; T. E. 
Claiborne, 
Xenos, et al., 
2013) 
2010 Burriesci et al., 
UCL 
 
Ruled surface between intersection of the stent 
cylinder with a plane and an arc joining the 
commissures, lying on a plane normal to the valve 
axis. 
In vitro – 10 cycles testing 
– less energy loss, blood 
trauma and clot formation 
(Burriesci et al., 
2010; B. 
Rahmani et al., 
2016a, 2016b; 
Benyamin 
Rahmani et al., 
2012) 
2015 Gharaie & 
Morsi, 
Victoria 
Sweeping a circumferential curve along a radial 
curve 
FSI model showed 
improved characteristics 
compared to other 
polymeric valves, with 
EOA of 3.22 cm2 and 




Table 3.6: Polymeric heart valve geometries – description and testing results. 
 
Year Author(s) Material and process Results References 
Dip molding, dip coating, dip casting 
  
1959 Kolff et al., 
Cleveland 
PU dissolved in tetrahydrofuran (THF) and poured into 
an open mold 
In vivo – dog implant 
(mitral, aortic and 
tricuspid), high mortality 
due to clotting on surface 
(Akutsu, Dreyer, 
& Kolff, 1959) 
1959 Braunwald & 
Morrow, 
Boston 
Dacron fabric placed between two-piece male/female 
mold and filled with liquid PU 
In vivo – human implant 




et al., 1960) 
1977 Reul & Ghista, 
HIA 
Leaflet molds dipped into Avcothane-51 PU solution In vitro – 350+ million 
cycles in vitro (aortic) 
(Ghista & Reul, 
1977) 
1980 Russell et al., 
Boston 
Valved conduit – conduit formed first by dipping in 
Avcothane-51 solution, then leaflet mold inserted into 
conduit and filled with solution 
In vitro – 58+ million 
cycles 
In vivo – calf implant 135 
days (aortic) 
(Russell et al., 
1980) 
1982 Wisman et al., 
Penn State 
PU dissolved in N-N-dimethyl acetamide (DMAc), 
leaflet mold dipped in solution 
In vivo – calf, sheep and 
goat implant (mitral and 
tricuspid), survival up to 
960 days 
(Wisman et al., 
1982) 
1987 Herold et al., 
HIA 
PU dissolved in THF or DMAc, leaflet molds made by 
electro-erosion and dipped in PU solution 
In vitro – 93 million 
cycles 
In vivo – calf implant up 
to 267 days (trileaflet 
prosthetic in mitral 
position) 
(Herold et al., 
1987) 
1991 Jansen et al., 
HIA 
Leaflet molds and valve stent dipped together into PU 
solution, after dipping the mold is tumbled in space for 
even thickness distribution 
In vitro – 648 million 
cycles 
In vivo – 5 of 7 calves 
>150 days, outperformed 
bioprosthetic (trileaflet 
prosthetic in mitral 
position) 
(Jansen & Reul, 




1994 Leat & Fisher, 
Leeds 
PU dissolved in dimethyl formamide (DMF), leaflet 
mold dipped in solution 
In vitro – 160+ million 
cycles 
(Leat & Fisher, 
1995) 
1995 Wheatley et al., 
Glasgow 
Leaflet molds made by electrical discharge machining 
(EDM) and dipped in Elast-Eon™ PU-silicone 
copolymer solution 
In vitro – 800 million 
cycles 
In vivo – 6-month 
survival in sheep 
(trileaflet prosthetic in 
mitral position) 





G. M. Bernacca 
et al., 1995, 
2002; G. M. 
Bernacca, 
Mackay, 
Wilkinson, et al., 
1997; Gillian M. 
Bernacca et al., 
2002; Mackay et 
al., 1996; 
Wheatley et al., 
2001, 2000) 
2001 Fisher et al., 
Leeds 







2003 Daebritz et al., 
Munich 
Droplets of dissolved ADIAMat PCU deposited onto 
leaflet mold, thickness intentionally varied to reduce 
stress at commissures 
In vitro – 600/1000 
million cycles 
(aortic/mitral) 
In vivo – good survival to 










2005 Yoganathan et 
al., 
Georgia Tech 
Leaflet mold dipped in Elast-Eon™ solution In vitro – low flow 
regions corresponding 
with thrombus formation 
in vivo. Thicker leaflets 
correspond to greater 
leakage. 
(H. L. Leo, Dasi, 
Carberry, Simon, 
& Yoganathan, 
2006; Hwa Liang 
Leo, Simon, 
Carberry, Lee, & 
Yoganathan, 
2005) 
2006 Metzner et al., 
Kiel & Aachen 
Dip-coating in PU to form valved stent for 
percutaneous, catheter-based delivery 
In vivo – good survival in 
sheep (8 of 9, pulmonary) 





Metzner et al., 
2010) 
2009 Seifalian et al., 
UCL 
POSS-PCU dissolved in DMAc, leaflet molds dipped in 
solution, design later adapted for percutaneous delivery, 
dipping process automated to improve reproducibility 
In vitro – lower leakage 
vs. commercial TAVI 
bioprosthetics 
(Kidane et al., 
2009; Benyamin 
Rahmani et al., 
2012)(B. 
Rahmani et al., 
2016a, 2016b) 
2016 Zilla et al., 
SAT 
Dip molding or spray molding of dissolved SAT 
polymer onto leaflet mold 
In vitro – 600 million 
cycles 





et al., 2017) 





Roe et al., 
San Francisco 
Silastic silicone, heated to 177 °C in a compression 
molding die for 1 hour, removed from die and heat 
cured at 204 °C for 4 hours 
In a later iteration, SE-555 silicone heated to 132 °F in 
the molding die at 100 MPa 
In vitro - 786 million 
cycles 
In vivo – 18 clinical 
human implants, 4 post-
operative survivors from 
79-100 months (aortic) 
(Roe, 1969; Roe 
et al., 1966, 
1958; Roe & 
Moore, 1958) 
1965 Braunwald & 
Morrow, 
Boston 
Plain PTFE fabric and PTFE fabric coated with PTFE 
dispersion 
In vivo – 23 clinical 
human implants, 15 died 
or required reoperation 







Silastic silicone injected into a compression molding 
die, pressurized to 41 MPa for 5 minutes, air and 
overflow evacuated, then pressure increased to 62 MPa 
for 1 minute, vulcanization in oven at 148.9 °C for 50 
minutes, then valve removed from die and cured at 
148.9 °C for 2.5 hours 
In vitro – durability 
equivalent to 18-25.5 
years 
(Mohri et al., 
1973) 




Two-piece male/female mold filled with RTV-615, a 
room temperature vulcanizing silicone rubber 
In vitro – functioned for 
280 million cycles until 
work hardening of 
silicone rubber prevented 
leaflet opening 
(Chetta & Lloyd, 
1980) 
1989 Kolff & Yu, 
Utah 
Silastic silicone, stent and leaflet molded at same time 
on a cylindrical mold 
N/A (Kolff & Yu, 
1989) 
2004 Jiang et al., 
Ontario 
Polyvinyl alcohol cryogel (PVA-C), cavity mold 
injected with hot PVA-water solution, then sealed, 
clamped and immersed in water bath with controlled 
freeze/thaw cycles. 
N/A (Jiang et al., 
2004b) 
2009 Mohammadi et 
al., 
Ontario 
Polyvinyl alcohol-bacterial cellulose (PVA-BC) 







2013 Bluestein et al., 
Stony Brook 
Raw xSIBS compressed under vacuum in a mold at 260 
°C with 1 ton of force for 30 minutes. Mold fabricated 
by EDM. 




(T. E. Claiborne, 
Sheriff, et al., 
2013; O. M 
Rotman et al., 
2018; Oren M. 
Rotman, 
Kovarovic, 
Bianchi, et al., 
2019) 
2014 Stasiak et al., 
Cambridge, UK 
Injection molding of SIS30 block copolymer to 
introduce bidirectional, anisotropic cylinder orientation 
In vitro – 3+ million 
cycles 
(Stasiak et al., 
2014) 
2015 De Gaetano et 
al., 
Cambridge, UK 
Compression molding of styrene block copolymers to 
introduce anisotropy and microstructural orientation 
In vitro – EOA and 
regurgitation comparable 
to mechanical and 
bioprosthetic valves 
(De Gaetano, 
Bagnoli, et al., 
2015; De 
Gaetano, Serrani, 
et al., 2015) 
Film fabrication 
   
1960 McGoon, 
Mayo Clinic 




1974 Gerring et al., 
Oxford 
Terylene (PET) fabric coated with Silastic by press 
curing, then cut and bonded to sewing ring 
Also, films of Biomer (PU) cast from solution onto 
glass plate, then cut and bonded to sewing ring 
In vivo – survival up to 
30+/21+ months for 
Silastic/Biomer implants 
in calves (pulmonary) 
(Gerring et al., 
1974) 
1977 Imamura et al., 
Mayo Clinic 
Gore-Tex® (ePTFE) assembled in multilayer laminate 
to reduce porosity and improve strength, sutured to 
support frame with additional ePTFE layers for 
reinforcement 
In vivo – survivability 
12/28 dogs up to 15 
months (tricuspid) 




& Davis, 1977) 
1989 Kolff & Yu, 
Utah 
Pellethane® polyurethane, vacuum formed or solution 
cast 
In vivo – 5/5 sheep up to 
15 months 
(Kolff & Yu, 
1989) 
1990 Nistal et al., 
Spain 
Gore-Tex® ePTFE (no report of fabrication process) In vivo – survival up to 42 
weeks in sheep (tricuspid) 
(Nistal et al., 
1990) 
1995 Leat & Fisher, 
Leeds 
Solvent casting of flat PU films, cut and bonded to 
valve frame, then thermally formed into alpharabola 
geometry on a mold 
In vitro – 100 million 
cycles 
(Leat & Fisher, 
1994, 1995) 
2005 Koh et al., 
Osaka 
Gore-Tex® (ePTFE) membrane cut and sutured to 
either bovine pericardium or Gore-Tex® vascular 
grafts. Radiopaque markers sutured to center of leaflet 
free edges to imitate the nodulus of Arantius 
In vivo – 47 human 
implants (pulmonary), no 
significant obstruction 
after 1 month – 7 years 
(Koh et al., 2005) 
2009 Ando & 
Takahashi, 
Tokyo 
Gore-Tex® (ePTFE) membrane manually cut, folded, 
and sutured to create three pockets that comprise the 
valve, then sutured within a Dacron conduit to make a 
valved conduit 
In vivo – 139 human 
implants (pulmonary), 
good survivability and 
competence at 10 years  
(Ando & 
Takahashi, 2009) 
2010 Wang et al., 
Innovia 
SIBS dissolved in toluene and cast around a Dacron 
mesh to produce a flat sheet with uniform thickness, 
leaflet cut and sewn onto a molded SIBS stent using 
polyester sutures 
In vivo – poor 
survivability (1/4) of 
sheep aortic implant, 
valve failure due to 
material damage and 
calcification 
(T. E. Claiborne, 
Sheriff, et al., 




2009; Wang et 
al., 2010) 
2014 Prawel et al., 
Colorado State 
Leaflets formed with a cylindrical sheet of hyaluronan-
linear low-density polyethylene interpenetrating 
networks (HA/LLDPE IPN) 
In vitro - EOA higher 
than bioprostheses, 
comparable regurgitation 
(Prawel et al., 
2014) 
2014 Zhang et al., 
Shanghai 
Films of Gore-Tex® (ePTFE) dip-coated in 
phosphorylcholine, then trimmed and sutured to stent 
In vivo – good 
survivability in sheep (9 
of 9) to 4 weeks 
(pulmonary) 
(B. Zhang et al., 
2014) 
2017 Basir et al., 
Netherlands 
Valve made from textile of woven ultra-high-molecular-
weight polyethylene (UHMWPE) fibers and affixed to 
stent 
In vivo – 17/18 sheep 




2019 Guo et al., 
Shenyang 
Anisotropic PET fabric impregnated with PEGDA 
hydrogel, trimmed and sutured to nitinol stent 
In vitro – Large EOA and 
low regurgitation 
(Guo et al., 2019) 
Table 3.7: Manufacturing processes for flexible leaflet polymeric heart valves.  
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Chapter 4: In Vitro Proof of Concept of a First-Generation 




Congenital heart disease (CHD) is reported in approximately 1% of all live births, affecting ~40,000 
babies per year in the U.S. and ~1.4 million worldwide (van der Linde et al., 2011). Common conditions 
associated with CHD include atrial and ventricular septal defects (holes in the internal walls of the heart), 
aortic and pulmonary stenoses (narrowing of the valves and arteries), and tetralogy of Fallot (a 
combination of a ventricular septal defect, pulmonary stenosis, right ventricular hypertrophy, and an 
overriding aorta) (Roger et al., 2011). More than half of children born with CHD require open-heart 
surgery to correct these malformations, and more than 20% of those who require surgery will need the 
implantation of a valve or valved conduit to repair the right ventricular outflow tract (RVOT) (Hoffman & 
Kaplan, 2002; Reller, Strickland, Riehle-Colarusso, Mahle, & Correa, 2008; van der Linde et al., 2011). 
However, all currently available valved prostheses, including cryopreserved homografts, xenograft 
conduits, bioprostheses, and mechanical prostheses, have serious limitations resulting in high rates of 
reintervention (Karamlou et al., 2005; Kaza et al., 2009). Tissue valves exhibit poor durability due to 
structural valve degeneration (SVD), which encompasses thickening, calcification, tearing, or other 
disruptions to the leaflet tissue leading to stenosis or regurgitation (Bourguignon et al., 2015; David et al., 
2010; Dvir et al., 2018; Neves et al., 1997). Mechanical valves do not degrade substantially, but they are 
susceptible to obstruction from pannus formation (Kanter, Kirshbom, & Kogon, 2006). Other drawbacks 
of mechanical valves include their larger size, which limits their use in younger patients (Karamlou et al., 
2005), and their hinged design, which creates non-physiological flow patterns that increase the risk of 
thrombosis and necessitate anticoagulation therapy (Iung & Rodes-Cabau, 2014). Most critically, all these 
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devices are designed to function at a fixed size and are constructed from non-living tissue or rigid 
materials that do not adapt to the patient’s somatic growth. As a result of these limitations, children with 
prosthetic valves require one to four reoperations to replace the valve before they reach adulthood (Kanter 
et al., 2006; Karamlou et al., 2006; Nomoto et al., 2016), with each additional open-heart surgery carrying 
a 1-15% risk of death, bleeding, infection or multi-organ dysfunction (Belli et al., 2010; da Costa et al., 
2018; Kaza et al., 2009). 
Commonly reported reasons for reoperations in pediatric patients include somatic outgrowth (Kanter 
et al., 2006; Tweddell et al., 2000), complications due to SVD in tissue valves (e.g. stenosis, 
regurgitation) (P. C. Chen et al., 2012; Nomoto et al., 2016), and in rarer cases, endocarditis (infection) 
and aneurysm (Kanter et al., 2006; Nomoto et al., 2016). Both outgrowth and SVD can occur 
independently, as SVD is a common occurrence even in fully grown adults (Bourguignon et al., 2015; 
David et al., 2010). However, SVD has been shown to be accelerated in children, with an increase in the 
frequency of required reoperations (P. C. Chen et al., 2012; S. M. Fuller et al., 2021; Saleeb et al., 2014). 
While this phenomenon has been attributed to intensified immunological responses, altered blood 
biochemistry, and increased calcium metabolism (Kostyunin et al., 2020; Yamamoto, Yamagishi, & 
Miyazaki, 2015), another possible mechanism driving acceleration of SVD is outgrowth. An outgrown or 
undersized valve (which is effectively stenotic) creates high pressure gradients and turbulent flow that can 
trigger a cascade effect: increased internal leaflet stresses, intimal proliferation, macrophage infiltration 
(Kostyunin et al., 2020) leading to reactive-oxygen-species-mediated (ROS) oxidation (Christian et al., 
2014; S. Lee et al., 2017), and leaflet thickening resulting in further stress increases, calcification, 
degradation, and mechanical failure of the valve (Flameng et al., 2010; Gomel, Lee, & Grande-Allen, 
2019; Karamlou et al., 2006; Kostyunin et al., 2020; K. K. Liao et al., 2008). 
A new valved device that can accommodate a child’s growth would reduce the need for reoperations 
and greatly improve the standard of care for children and adults with CHD. The ideal device will last 
from the newborn stage well into adulthood, although the elimination of even one reoperation to upsize a 
valved prosthesis would have a significant clinical impact. 
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There have been attempts to surgically implant percutaneous stented valves, such as the MelodyTM 
transcatheter pulmonary valve (Emani et al., 2016; Feins et al., 2020; N. B. Langer et al., 2018; 
Pluchinotta et al., 2018; P. M. Sullivan, Wong, Kim, & Ing, 2019), for later intervention by transcatheter 
balloon dilation. However, these subsequent dilations have occasionally resulted in severe regurgitation 
(Feins et al., 2020) because the MelodyTM was not originally designed to be competent across a large 
range of diameters – there is insufficient coaptation area, or leaflet contact, at larger diameters to enable 
valve closure – or to be expanded multiple times. There is now an increased focus on developing valved 
devices that can accommodate the full range of a child’s growth. Hofferberth et al. demonstrated the in 
vivo transcatheter balloon expansion of a heart valve mimicking the bileaflet geometry of a human venous 
valve (Hofferberth et al., 2020), while Draper Laboratory, Inc. (Cambridge, Massachusetts) is developing 
a valve with an adaptive stent that expands without the need for additional interventions (Feins & Emani, 
2020). 
However, none of these devices are integrated with expandable conduits designed for reconstruction 
of the RVOT. In more than half of the patients requiring pulmonary valve implantations and in all such 
neonates, infants, and children up to the age of 5-6 years, the RVOT is entirely absent or insufficiently 
sized (Manavitehrani et al., 2019). Thus, a valved conduit is the major clinical need for this population, as 
a valve-only device would not be adequate to fully reconstruct the RVOT and properly accommodate 
growth. An expandable valve-only prosthesis could potentially be inserted into an expandable vascular 
graft. However, such a configuration has not been studied, and the effect of balloon expansion on the 
cohesion between these separate components is unknown. 
We report the first in vitro proof of concept of a growth-accommodating polymeric valve with an 
integrated conduit – a valved conduit – that can be implanted surgically for pediatric RVOT 
reconstruction and subsequently expanded via transcatheter balloon dilation to match part of the patient’s 
growth into adulthood, thus being suitable for adult patients as well. We hypothesize that the 
expandability of the device can be achieved by using a permanently deformable polymeric material, in 
contrast to current mechanical and tissue-based valves, and that valve competence can be maintained at 
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expanded diameters by designing the valve leaflets with an increased coaptation area, where this 
increased area is obtained by increasing the leaflet coaptation height and free edge length. Our objective 
here was to select biostable polymers that meet the mechanical requirements, design and fabricate the first 
generation of a fully polymeric biostable valved conduit, and test it in vitro before and after a balloon 
dilation. 
 
4.2 Materials and Methods 
4.2.1 Materials characterization and selection 
Two commercially available, biostable, and biocompatible polymers, CarbothaneTM AC-4075A 
(Lubrizol, Cleveland, Ohio), which is a polycarbonate urethane (PCU), and Elast-EonTM E5-325 
(Biomerics, Salt Lake City, Utah), which is a polydimethylsiloxane-based (PDMS) polyurethane (PU), 
were identified as potential materials for the valved conduit proof of concept due to their high compliance 
matching that of native heart valve tissue (R. L. Li et al., 2019; Stradins et al., 2004) and their excellent 
biocompatibility (Bélanger et al., 2000; G. M. Bernacca et al., 2002; A. Simmons et al., 2004; Wheatley 
et al., 2001; M. Yang, Zhang, Hahn, King, & Guidoin, 1999; M. Yang, Zhang, Hahn, Laroche, et al., 
1999). Furthermore, CarbothaneTM and Elast-EonTM are known to be processable by dip molding, a 
fabrication technique which has produced excellent results for polymeric valves (D. Bezuidenhout et al., 
2015; R. L. Li et al., 2019). These materials were further evaluated by mechanical and biocompatibility 
testing to determine their suitability for constructing the device. 
Mechanical testing: A series of uniaxial mechanical tests (MicroTester 5848, Instron, Norwood, 
Massachusetts) was performed on the materials to assess their capacity for permanent (inelastic) 
deformation. First, to determine how much the materials could be stretched, we obtained their elongations 
at break and ultimate strengths. Their time-dependent viscoelastic response was also characterized by 
stress relaxation testing. Finally, individual samples of each material were uniaxially stretched to a single 
predetermined stretch ratio (𝜆 = 2, 3, 4, or 5) at a strain rate of 0.0067 s-1 (corresponding to a machine 
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crosshead speed of 0.1 mm/s) and then immediately released. The amounts of permanent stretch 
remaining were recorded after 24 hours, a time period we determined to be long enough to properly 
account for time-dependent viscous strain. Further details of sample preparation and testing methodology 
are described in Appendix E:. 
In vivo biocompatibility testing: The biocompatibility of the following polymers was evaluated: 1) 
non-stretched CarbothaneTM, 2) non-stretched Elast-EonTM, 3) Elast-EonTM which had been temporarily 
stretched by 2x, resulting in a 1.1x permanent pre-stretch, and 4) FDA-approved expanded 
polytetrafluoroethylene (ePTFE) (Gore® Preclude® Pericardial Membrane, W. L. Gore & Associates, 
Flagstaff, Arizona) as the control group since multiple ePTFE-based valvular devices are currently used 
in clinical practice and have shown excellent biocompatibility, biostability and durability (Ando & 
Takahashi, 2009; Miyazaki et al., 2018; Quintessenza, Jacobs, Chai, Morell, & Lindberg, 2010; 
Yamashita et al., 2016). 10 mm disc specimens were subcutaneously implanted (Christian, Alferiev, 
Connolly, Ischiropoulos, & Levy, 2015) in 4-month-old male Sprague-Dawley rats (n = 3; Charles River 
Laboratories, Wilmington, Massachusetts). Each animal received four specimens, with one specimen 
made from each polymer. Animals were euthanized at 2 months by an overdose of isoflurane. The 
material specimens were harvested, sectioned, and stained with hematoxylin and eosin (H&E) and 
Alizarin Red.  
The experimental animal protocol was approved by the Columbia University Institutional Animal 
Care and Use Committee (IACUC #AC-AABD5614) and is further described in Appendix E:. Animals 
received humane care in accordance with the ‘‘Guide for the Care and Use of Laboratory Animals’’ 
(National Research Council, Eight Edition, 2011). These animal experiments did not use a method of 
randomization, and the investigators were not blinded to allocation during data collection and analysis. 
 
4.2.2 First-generation design 
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The design of the valved conduit comprises a cylindrical conduit with a tri-leaflet valve located at 
the center (Figure 4.1a). The geometry of the valve leaflets is elliptical along its radial direction and 
hyperbolic along its circumferential direction, following equations previously described by Mackay et al. 
(Mackay et al., 1996). To ensure the persistence of valve competence at larger diameters after the 
expansion, this design was modified (SolidWorks, Dassault Systèmes, Waltham, Massachusetts) to have 
an increased coaptation area. The associated increased coaptation height ℎ was calculated as 
ℎ = √𝑙2 − 𝑏2, (4.1) 
where ℎ is the height of a right triangle having base length 𝑏 equal to the initial conduit radius and 
hypotenuse length 𝑙 equal to the expanded conduit radius (Figure 4.1b). The new length of the free edge 
was set as 2𝑙 using a triangular profile. 
 
4.2.3 Fabrication 
Two valved conduit prototypes (designated Device #1 and Device #2) were fabricated according to 
this design using manual dip molding of a valve-shaped aluminum mold in a liquid solution of Elast-
EonTM (40% w/v in 99.5% N,N-Dimethylacetamide, ACROS Organics, Fair Lawn, New Jersey) (Figure 
4.1c,d). The dip molding process entailed first making a single dip of the positive mold piece to form the 
leaflets, then either two (Device #1) or four (Device #2) dips of the entire assembled mold to form the 
conduit. Further details of this process are described in Appendix E:. 
After the completion of in vitro device evaluation involving dilation as detailed below, the leaflets 
were excised from the conduit, and the leaflet and conduit wall thicknesses were mapped using a digital 
thickness gauge (Mitutoyo 547-526S, Mitutoyo Corporation, Tokyo, Japan). Conduit wall thickness was 
measured at locations proximal to the valve, distal to the valve, and in the middle of the conduit just 
slightly distal to the valve. At each of the three locations, three measurements were taken at equidistant 
sites along the circumference of the conduit. The thickness of each leaflet was measured at four different 
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sites spanning the top, middle, and bottom of the leaflet. 
 
Figure 4.1. Design and fabrication of the growth-accommodating valved conduit. (a) Design 
schematic of the growth-accommodating polymeric valved conduit showing a conduit with a tri-leaflet 
valve positioned in its center. (b) The coaptation area of the original leaflet design by Mackay et al. 
(Mackay et al., 1996) is characterized by an original coaptation height c. We modified this leaflet design 
to have an increased coaptation area to ensure competence at an expanded valve diameter. This increased 
area is characterized by an increased coaptation height ℎ which forms the side of a right triangle having 
base length 𝑏 equal to the initial conduit radius and hypotenuse length 𝑙 equal to the expanded conduit 
radius, as well as a new length of the free edge 2𝑙 which follows a triangular profile. (c) Fabricated valved 
conduit in the pre-dilation state (22 mm diameter). (d) Two-piece aluminum mold for dip molding 
fabrication of Elast-EonTM valved conduit prototypes. The negative end of the mold is pictured at the top, 
and the positive end is at the bottom. 
 
4.2.4 In vitro evaluation 
Permanent dilation of the valved conduits (n = 2) was performed using a 46 mm diameter Coda 
balloon catheter (Cook Medical, Bloomington, Indiana). The balloon was inflated to the maximum 
diameter of 46 mm using tap water from a 10 mL syringe and then immediately released, with no holding 
time at the maximum diameter. The diameters of the valved conduits were monitored by measuring the 




The in vitro hydrodynamic function of the two valved conduit prototypes was evaluated both before 
and after balloon dilation using a commercial heart valve pulse duplicator (HDTi 6000, BDC 
Laboratories, Wheat Ridge, Colorado) equipped with an upstream flow meter (Transonic Systems, Ithaca, 
New York) and upstream and downstream pressure transducers (BDC Laboratories). Device #1 was 
tested using adolescent/adult pulmonary conditions at 15 mmHg mean arterial pressure, while Device #2 
was tested using pediatric aortic conditions at 76 mmHg mean arterial pressure. Regurgitant fraction (RF), 
mean positive pressure differential (PPD), effective orifice area (EOA), and simulated cardiac output 
(sCO) were calculated using StatysTM software (BDC Laboratories) in accordance with ISO 5840-1:2015, 
and the results were averaged over ten consecutive cardiac cycles.  
To examine the effect of a balloon dilation on the coaptation height of the leaflets, we compared a 
post-dilation valved conduit (Device #1) to a pre-dilation valved conduit (a third device that was 
fabricated but could not be balloon dilated due to its very thick conduit wall). These two devices were 
mounted vertically and then filled with water from the distal ends of the conduits to generate pressure 
heads corresponding to pressures of 3 mmHg, which was just sufficient to close the valves, and 25 
mmHg, which is the typical peak diastolic pressure in the pulmonary artery. Pressure was monitored 
using a pressure transducer (BDC Laboratories) and StatysTM software (BDC Laboratories). Images of the 
valves in the closed states were recorded with a digital camera, and measurements were taken using 
ImageJ software (National Institutes of Health, Bethesda, Maryland). Additional details of the in vitro 
experiments and ISO calculations are described in Appendix E:. 
 
4.2.5 Computational modeling of the balloon dilation 
The expansion of the valved conduit was simulated using a mechanical finite element analysis (FEA) 
model (Abaqus, Dassault Systèmes) with a calibrated Elast-EonTM material model. The FEA model was 
constructed from the geometry of the valve using shell elements. A uniform thickness of 100 µm was 
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assigned throughout the structure to match the measured thicknesses of the leaflets. The balloon was 
modeled as a rigid cylindrical structure using membrane elements that were rigidly constrained, and the 
dilation was simulated via a uniform radial expansion. The nonlinear elastic material response in the 
valved conduit was modeled using an Ogden-type hyperelastic model (Ogden, 1972). The permanent, 
inelastic deformation was approximated by a 𝐽2-plasticity model (Simo, 1992; G. Weber & Anand, 1990), 
while Mullins effect was captured using a damage model (ABAQUS User’s Manual, 2019; Govindarajan, 
Hurtado, & Mars, 2008). 
 
4.2.6 Statistical analyses 
Results were analyzed using OriginPro 2016 (OriginLab, Northampton, Massachusetts). Mechanical 
and hydrodynamic data and device thicknesses are expressed as mean ± standard deviation. Device 
diameters and coaptation heights are expressed as the measurement ± estimated measurement error. 
Mechanical data and thickness measurements were analyzed for statistical significance by the unpaired 
Student’s t-test (two-sided), with p < 0.05 considered statistically significant. 
 
4.3 Results 
4.3.1 Materials characterization and selection 
Mechanical testing: The objective of the mechanical tests was to assess the capacity of the materials 
for permanent (inelastic) deformation as a result of stretching under mechanical loading. Herein, we refer 
to the amount of deformation of a sample, whether temporary or permanent, by the stretch ratio 𝜆 =
𝐿 𝐿0⁄ , where 𝐿 is the length of the uniformly deformed sample and 𝐿0 is its initial length. First, to 
determine the extent to which the materials could be stretched, we obtained their uniaxial elongations at 
break and ultimate strengths. The CarbothaneTM samples (n = 5) had an elongation at break of 𝜆𝑢𝑙𝑡 =
5.81 ±  0.08 and a nominal tensile strength of 𝜎𝑢𝑙𝑡 = 48.40 ±  2.52 MPa (mean ± s.d.). The Elast-
EonTM samples (n = 5) were stretched to the crosshead travel limit of the tensile testing machine 
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(MicroTester 5848) at 𝜆 = 6, but they did not break. The corresponding nominal tensile stress at 𝜆 = 6 
was 𝜎𝑢𝑙𝑡 = 13.12 ±  0.27 MPa. 
The time-dependent viscoelastic behaviors of CarbothaneTM and Elast-EonTM (n = 4 samples each 
group) were characterized by uniaxial stress relaxation tests. Averaged results in Figure 4.2a show that 
the stress decreased quickly within the first 50 seconds. By 300 seconds, the stress had begun to 
asymptotically approach a stable limit, indicating that most of the viscoelastic response had dissipated. 
The remaining stress at the stable limit represents elastic energy being stored. These results provide an 
estimate of the time scale of the transient viscoelastic behavior in CarbothaneTM and Elast-EonTM. 
Individual samples of the two materials were each subjected to a single temporary stretch 𝜆𝑡𝑒𝑚𝑝 and 
allowed to recover. The amount of permanent stretch 𝜆𝑝𝑒𝑟𝑚 remaining after 24 hours was recorded. Since 
the stress relaxation responses had approached a stable limit within 300 seconds, we determined that 24 
hours was long enough to properly account for time-dependent viscous strain. Both Elast-EonTM and 
CarbothaneTM exhibited elastomeric mechanical behavior, with significant elastic and viscoelastic 
recovery from large deformations and relatively small amounts of permanent stretch (Figure 4.2b-c). 
Stretching Elast-EonTM by 𝜆𝑡𝑒𝑚𝑝 = 5 resulted in a permanent stretch of 𝜆𝑝𝑒𝑟𝑚 = 1.49 ±  0.03 (n = 4, 
mean ± s.d.) (Figure 4.2b), while the same test for CarbothaneTM resulted in 𝜆𝑝𝑒𝑟𝑚 = 1.36 ±  0.06 (n = 
8) (Figure 4.2c). Stretching Elast-EonTM by 𝜆𝑡𝑒𝑚𝑝 = 2, 3, and 4 resulted in permanent stretches of 1.06 ± 
0.03 (n = 7), 1.14 ± 0.03 (n = 7), and 1.33 ± 0.06 (n = 5), respectively. Stretching CarbothaneTM by 
𝜆𝑡𝑒𝑚𝑝 = 2, 3, and 4 resulted in permanent stretches of 1.01 ± 0.01 (n = 4), 1.04 ± 0.03 (n = 5), and 1.31 ± 
0.06 (n = 4), respectively (Figure 4.2d).  
In vivo biocompatibility testing: Patches of non-stretched CarbothaneTM, non-stretched Elast-EonTM, 
pre-stretched Elast-EonTM, and ePTFE control material (n = 3 samples per group) were implanted in a rat 
subcutaneous model. Upon explantation after 2 months, the CarbothaneTM and Elast-EonTM samples 
showed no inflammation, cell penetration, or calcification, similar to the ePTFE control patches (Figure 




The mechanical tests of both Elast-EonTM and CarbothaneTM showed only limited permanent stretch. 
Nevertheless, Elast-EonTM retained permanent stretches that were greater than in CarbothaneTM (𝜆𝑡𝑒𝑚𝑝 = 
2, p = 0.008; 𝜆𝑡𝑒𝑚𝑝 = 3, p = 5e-5; 𝜆𝑡𝑒𝑚𝑝 = 4, p = 0.65; 𝜆𝑡𝑒𝑚𝑝 = 5, p = 0.0038) and substantial enough to 
demonstrate the proof of concept of growth accommodation. Elast-EonTM also demonstrated good 
biocompatibility and was therefore selected for fabricating the first-generation valved conduit prototype. 
 
 
Figure 4.2. Mechanical characterization and in vivo biocompatibility testing of Elast-EonTM and 
CarbothaneTM. (a) The averaged (mean) responses from stress relaxation tests of Elast-EonTM and 
CarbothaneTM (n = 4 samples per group) show significant dissipation of time-dependent viscous effects 
within the first 300 seconds of an induced strain. Standard deviation is ± 0.03 MPa for both Elast-EonTM 
and CarbothaneTM. (b-c) Representative stress-stretch curves for distinct samples of (b) Elast-EonTM and 
(c) CarbothaneTM showing elastomeric mechanical behavior when stretched uniaxially to stretch ratios of 
𝜆𝑡𝑒𝑚𝑝 = 2 (black line), 𝜆𝑡𝑒𝑚𝑝 = 3 (red line), 𝜆𝑡𝑒𝑚𝑝 = 4 (green line), and 𝜆𝑡𝑒𝑚𝑝 = 5 (blue line) and then 
unloaded. The dashed gray line indicates the amount of immediate recovery after stretching to 𝜆𝑡𝑒𝑚𝑝 = 5 
and then unloading, and the solid gray line indicates the permanent deformation remaining after 24 hours. 
(d) Amount of permanent stretch (mean ± s.d.) resulting from different temporary stretch ratios. Blue 
circles and red diamonds represent the mean values, and error bars represent the standard deviation. Elast-
EonTM showed greater permanent stretch than CarbothaneTM at 𝜆𝑡𝑒𝑚𝑝 = 2, 3, and 5. *p = 0.008; **p = 5e-
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5; ***p = 0.65 (n.s.); ****p = 0.0038, unpaired Student’s t-test (n = 4 to 8 samples per group). (e-l) 
Histological sections stained with hematoxylin and eosin (middle row, e-h) and Alizarin Red (bottom 
row, i-l) of ePTFE control samples (e,i), non-stretched CarbothaneTM (f,j), non-stretched Elast-EonTM 
(g,k), and Elast-EonTM permanently pre-stretched by 𝜆𝑝𝑒𝑟𝑚 = 1.1 (h,l) showing no inflammation, cell 
penetration, or calcification in a rat subcutaneous model with explantation at 2 months. Insets (f-h,j-l) 
show the locations of the transparent CarbothaneTM and Elast-EonTM samples. Original magnification 5x; 
scale bars = 500 µm. 
 
4.3.2 First-generation design 
The leaflet design of the valved conduit (Figure 4.1a) was based on an ellipto-hyperbolic geometry 
proposed by Mackay et al. (Mackay et al., 1996) and modified to have an increased coaptation height and 
length of the free edge (Figure 4.1b) following (4.1). In this study, the valved conduit was designed to 
have an initial diameter of 22 mm. Since the mechanical tests for Elast-EonTM showed that 𝜆𝑡𝑒𝑚𝑝 = 2 
would produce 𝜆𝑝𝑒𝑟𝑚 = 1.06 ± 0.03, it was extrapolated that a 46 mm temporary balloon dilation 
(𝜆𝑡𝑒𝑚𝑝 =  2.09, with a 46 mm diameter being at the limit of clinical feasibility in adolescents) of the 22 
mm device would yield a final adult size of ~24 mm (𝜆𝑝𝑒𝑟𝑚 =  1.09). Using 𝑏 = 11 mm and 𝑙 = 12 mm 
in (4.1), the increased coaptation height was estimated to be h = 4.8 mm and then rounded up to h = 5 
mm. The new length of the free edge was 2𝑙 = 24.2 mm. The length of the conduit was ~9 cm to fit the 
pulse duplicator testing fixture. 
 
4.3.3 Fabrication 
We used dip molding in Elast-EonTM to fabricate two 22 mm diameter valved conduit prototypes 
(Device #1 and Device #2) (Figure 4.1c). The resulting conduit wall thicknesses in the central region (site 
M in Figure 4.3a) were 228 ± 19 µm (mean ± s.d.) in Device #1 and 457 ± 40 µm in Device #2, while the 
leaflet thicknesses across the middle (sites 2 and 3 in Figure 4.3a) were 72 ± 8 µm in Device #1 and 99 ± 
10 µm in Device #2. The thicknesses of both the conduit walls and leaflets varied significantly along the 





Figure 4.3. Thicknesses of post-dilation conduit walls and excised leaflets. (a) Conduit wall thickness 
measurement sites P (proximal), M (middle), and D (distal) and leaflet thickness measurement sites 1-4. 
Measurements showed significant variation in (b) conduit wall thickness and (c) leaflet thickness along 
the length of the device. Diamonds represent individual measurements, horizontal bars represent the 
medians, and whiskers represent the maximum and minimum values. *p < 0.02, unpaired Student’s t-test 
(n = 3 measurements per group). 
 
4.3.4 In vitro evaluation 
The valved conduits were tested in vitro for hydrodynamics in a heart valve pulse duplicator, dilated 
to a larger diameter, and then tested again in the pulse duplicator. The devices were dilated using a 
balloon catheter to a maximum diameter of 46.0 ± 0.2 mm (𝜆𝑡𝑒𝑚𝑝 = 2.09 ±  0.01) (measurement ± 
estimated measurement error) (Figure 4.4a-b) and then immediately released. The duration of time to 
fully inflate and then deflate the Coda balloon was ~1 minute, excluding intermittent breaks to refill the 
syringe and monitor the diameter of inflation. After 24 hours, the devices had recovered to permanent 
diameters of 24.8 ± 0.2 mm (Device #1,  𝜆𝑝𝑒𝑟𝑚  =  1.13 ±  0.01) and 25.1 ± 0.2 mm (Device #2, 
𝜆𝑝𝑒𝑟𝑚  =  1.14 ±  0.01) (Figure 4.4c). Hydrodynamic testing of the devices under adolescent/adult 
pulmonary (Device #1) and pediatric aortic (Device #2) conditions showed that valve competence was 
maintained both before and after the dilation (Table 4.1). Pressure and flow readings from the pre-dilated 
devices in the pulse duplicator (Figure 4.5a,e) showed large oscillations during the valve closing phase. 





Figure 4.4. Transcatheter balloon dilation of a valved conduit. An as-fabricated 22 mm diameter 
device (Device #2 shown here) (a) was temporarily balloon dilated to a diameter of 46.0 ± 0.2 mm 
(measurement ± estimated measurement error) using a Coda balloon catheter (b), after which it recovered 
to a new permanent diameter of 25.1 ± 0.2 mm (c). 
 














Pre-dilation 15.0 ± 0.1 7.7 ± 0.5 6.6 ± 0.2 2.01 ± 0.04 
Post-dilation 15.1 ± 0.1 8.5 ± 0.8 8.3 ± 0.1 1.86 ± 0.01 
Aortic conditions 
(Device #2) 
Pre-dilation 76.1 ± 0.2 2.0 ± 0.4 12.7 ± 0.2 1.50 ± 0.01 
Post-dilation 76.8 ± 0.1 8.5 ± 0.4 12.0 ± 0.1 1.67 ± 0.01 







Figure 4.5. Effects of the balloon dilations on in vitro hydrodynamic performance of the valved 
conduits. (a,b,e,f) Representative pulse duplicator readings from a single cardiac cycle for ventricular 
pressure (blue), arterial pressure (red), and forward flow (green) are shown as a function of time prior to 
dilation (a, e) and after dilation (b, f ). Large pressure and flow oscillations observed in the pre-dilation 
valves became greatly reduced after the dilation. (c,d,g,h) Closed and open configurations of the 22 mm 
diameter valves prior to dilation (c, g) and after dilation to a 25 mm diameter (d , h) showing good leaflet 
coaptation and opening. Scale bars = 10 mm. 
 
The effect of the balloon dilation on the valve coaptation height was investigated experimentally. We 
had modified the original leaflet design of Mackay et al. (Mackay et al., 1996) to have an increased 
coaptation height ℎ, as defined in (4.1), in the pre-dilation state. Here, ℎ′ is defined as the corresponding 
dimension (i.e. the remainder of the increased coaptation height) in the post-dilation state. Figure 4.6 
shows two valved conduits, one in the pre-dilation state and one in the post-dilation state, which were 
subjected to fluid pressures of 3 mmHg and 25 mmHg from the distal end to induce valve closure. At a 
pressure of 3 mmHg, the observed increased coaptation height in the pre-dilation valve was ℎ3 =  4.7 ±
0.2 mm (measurement ± estimated measurement error), consistent with the prescribed ℎ = 5 mm in our 
design (Figure 4.1b). The increased coaptation height was smaller in the post-dilation valve, with ℎ′3 =
3.5 ± 0.2 mm. The same trend was observed at a pressure of 25 mmHg, with ℎ25 =  3.4 ± 0.2 mm and 




Figure 4.6. Effect of balloon dilation on initial increased leaflet coaptation height. Images of two 
valved conduits, one in the pre-dilation state (a-b) and one in the post-dilation state (c-d). The valved 
conduits were designed to initially have an increased coaptation height of ℎ = 5 mm (Figure 4.1) in the 
pre-dilation state. The designed ℎ was represented in the experiment by ℎ3 , which was the observed 
increased coaptation height when a small pressure of 3 mmHg was applied to force the valve to close (a). 
At the same pressure, the increased coaptation height ℎ′3 in the post-dilation valve is smaller (c). An 
increase in pressure to 25 mmHg causes an apparent reduction in the coaptation height for both valves 
(b,d). Scale bars = 10 mm. 
 
4.3.5 Computational modeling of the balloon dilation 
A 22 mm valved conduit finite element model was temporarily dilated to a maximum diameter of 44 
mm (𝜆𝑡𝑒𝑚𝑝 = 2) to mimic the balloon dilation experiment. The resulting distribution of permanent 
deformation was non-uniform in the valve region, with the magnitude of deformation being greatest along 
the leaflet attachment areas (Figure 4.7). Since the final expanded geometry of the model was irregular 
and not cylindrical, a final diameter of 24.9 ± 1.0 mm (𝜆𝑝𝑒𝑟𝑚 = 1.13 ±  0.05) (mean ± s.d.) was 
calculated from the mean value of the conduit circumference in the valve region (i.e. the section of 
conduit encompassing the height of the leaflets). This numerical prediction of permanent stretch showed 
good agreement with the experimental balloon dilations of the valved conduits (𝜆𝑡𝑒𝑚𝑝 = 2.09 ±  0.01 
and 𝜆𝑝𝑒𝑟𝑚  = 1.14 ±  0.01) and the results from uniaxial testing of Elast-Eon
TM (𝜆𝑡𝑒𝑚𝑝 = 2 and 𝜆𝑝𝑒𝑟𝑚 =





Figure 4.7. Permanent deformation in the valved conduit as predicted by the simulation of the 
balloon dilation. The device is shown in the final unpressurized, post-dilation configuration. The 
distribution of permanent deformation is represented by the colored equivalent plastic strain (PEEQ) 
contours. The colors from blue to red represent increasing amounts of permanent deformation. (a) Angled 
view showing the valve leaflets and deflated balloon within the conduit. (b) Side view of the conduit 
exterior. The distribution of permanent deformation was non-uniform throughout the valve region, with 
the magnitude of deformation being greatest near the commissures. Scale factor of deformations = 1. 
 
4.4 Discussion 
Our ultimate goal is to develop an integrated valve and conduit device that can be expanded from 12 
mm (neonatal size) to 24 mm (adult size) using multiple incremental balloon dilations. These Elast-
EonTM-based prototypes represent the first proof of concept of an expandable valved conduit, 
demonstrating the feasibility of balloon dilation from 22 mm (adolescent size) to 25 mm and potentially 
eliminating one upsizing reoperation. In vitro testing of the fabricated devices showed excellent valve 
performance both pre- and post-dilation – attributable to a leaflet design with increased coaptation area, 
with EOA and RF exceeding the ISO 5840 minimum performance requirements (International 
Organization for Standardization, 2015). The computational model of the device expansion demonstrated 
good agreement with the experimental dilations while predicting a non-uniform valve expansion which 
must be considered in future designs. 
 
4.4.1 Materials characterization and selection 
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While Elast-EonTM generally exhibited elastomeric behavior, the mechanical tests also showed that it 
can be permanently stretched, a property that may be taken advantage of to accommodate patient growth. 
The resulting permanent stretches were governed by the magnitudes of the temporary stretches and could 
be reliably reproduced to facilitate predictable growth. The actual amounts of permanent stretch in Elast-
EonTM were small, yet they were still sufficient to demonstrate a proof of concept of growth 
accommodation. Elast-EonTM also demonstrated excellent biocompatibility and biostability in a rat 
subcutaneous model, even after stretching. This critical result suggests that the device’s biological 
properties would not substantially degrade as a result of permanent dilation. 
Ultimately, neither Elast-EonTM nor CarbothaneTM is an adequate material for achieving the desired 
permanent 2x expansion that would be needed long-term to expand a neonatal size device to the adult 
size. Temporary 2x stretches, which approach the limit of clinical feasibility, resulted in no greater than a 
1.06x permanent stretch for either material. Meanwhile, excessively large 5x temporary stretches, which 
are clinically infeasible, resulted in no greater than a ~1.5x permanent stretch. A biomaterial with a 
greater capacity for permanent, or plastic, deformation would be more desirable for this growth-
accommodating device. 
 
4.4.2 First-generation design 
The valve was designed with an increased coaptation area to ensure competence at expanded 
diameters. This increased area was achieved by increasing the leaflets’ radial length and free edge length. 
Clinically, our experience with the Ozaki technique (S. Ozaki et al., 2011; Shigeyuki Ozaki et al., 2018) 
for aortic valve reconstruction in children has shown that a valve designed with increased radial and free 
edge lengths is compatible with patient growth. However, in the Ozaki design, the increased free edge 
length is obtained by increasing the width of the entire leaflet. This forces the leaflets, which are cut from 
a sheet of autologous pericardium, to initially adopt a redundant sinusoidal curvature along the free edge. 
A dip-molded polymeric valve with such a sinusoidal curvature would likely have poor hydrodynamic 
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function. By fabricating the valve via dip molding, the polymer microstructure is set to remember the 
geometry of the mold. If the polymeric leaflets were sinusoidally shaped, they would tend to keep their 
sinusoidal curvature under loading and consequently have decreased mobility and increased resistance 
during valve opening. Furthermore, as the valve diameter was increased, the sinusoidal leaflets would be 
forced to unfold and flatten, resulting in higher internal leaflet stresses and reduced durability. We 
avoided these potential drawbacks by lengthening the leaflets in the radial direction alone and creating a 
triangular profile to increase the free edge length (Figure 4.1b), while still obtaining a sufficiently 
increased coaptation area in the dip-molded valve. 
When the conduit was expanded, the valve leaflets likely sustained some permanent circumferential 
stretching that assisted in achieving valve closure at the larger diameter. However, when determining the 
increased coaptation height and new free edge length required to cover the new lumen area, this 
circumferential stretching was excluded from the calculations. Also excluded was the potential leaflet 
elongation that could occur due to extended cycling (i.e. creep) under physiological conditions (Gillian 
M. Bernacca et al., 2002; Kidane et al., 2009). 
A trileaflet design was chosen to mimic the three leaflets of a native pulmonary valve and to 
maintain the associated physiological flow patterns (Daebritz et al., 2004; Sotiropoulos, Le, & Gilmanov, 
2016). Trileaflet polymeric valves have shown excellent hemodynamic function and durability (D. 
Bezuidenhout et al., 2015; R. L. Li et al., 2019; Miyazaki et al., 2018; Yamashita et al., 2016). In 
particular, we selected the ellipto-hyperbolic trileaflet geometry since previous valves with this design 
sustained over 500 million cycles (equivalent to ~13 years) during in vitro fatigue testing (Mackay et al., 
1996). However, future work will also explore bileaflet valve designs, motivated by good clinical 
outcomes from bileaflet polymeric valve implantation for RVOT repair (K. H. Choi et al., 2018; Cheul 
Lee et al., 2013; Quintessenza et al., 2010; Shinkawa et al., 2015). Additionally, Hofferberth et al. 
demonstrated excellent growth potential and valvular performance with a bileaflet venous valve geometry 





The dip molding process created significant variations in conduit wall and leaflet thicknesses, which 
could affect the uniform expandability of the device (Figure 4.3). These variations were caused by the 
downward flow of liquid Elast-EonTM solution along the valved conduit mold as it was held upright 
during the dipping and drying processes. Future dip molding efforts could include robotic mechanisms for 
controlling the dipping process and for tumbling the mold while drying to improve uniformity of polymer 
distribution (Jansen & Reul, 1992; Benyamin Rahmani et al., 2012). 
 
4.4.4 In vitro evaluation 
The valved conduit prototypes were permanently balloon-expanded from a diameter of 22 mm to 25 
mm, an amount which potentially eliminates one reoperation to upsize a valved prosthesis while 
accommodating an adolescent into adulthood. The two devices, each tested under different pulmonary or 
aortic conditions, maintained excellent hydrodynamic performance before and after the balloon dilation 
(Table 4.1), suggesting that the valved conduit could be used not only in the pulmonary position for 
RVOT reconstruction, but potentially in the aortic position as well. However, in both devices prior to 
dilation, there was noticeable fluttering of the leaflets during valve opening followed by large pressure 
and flow oscillations during the valve closing phase (Figure 4.5a,e). These phenomena may be explained 
by the presence of excess leaflet material associated with the increased coaptation height. Interestingly, 
the magnitudes of the oscillations were noticeably reduced after the balloon dilations (Figure 4.5b,f), 
which suggests that the excess material was more effectively utilized at the larger diameter. This 
explanation is also consistent with the observed decrease in coaptation height from the pre-dilation to 
post-dilation state (Figure 4.6). Nevertheless, these oscillations suggest the presence of turbulent flow 
that could precipitate thrombosis and also decrease the fatigue life of the valve leaflets. 
 
4.4.5 Computational modeling of the balloon dilation 
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The finite element analysis of the balloon dilation predicted an inhomogeneous distribution of 
permanent deformation in the device after expansion (Figure 4.7), with the greatest deformation along the 
leaflet attachment areas which contain stress concentrations that lead to higher strains and greater 
permanent stretching. While the prototypes fabricated in this study remained intact during the 
experimental dilations, the modeling results suggest that the use of thinner conduit walls or larger 
dilations could result in tearing along those high-stress regions. 
Another implication of the non-uniform deformation is that the pre-dilation and post-dilation devices 
would not be geometrically similar. This could explain the hydrodynamic testing results which showed 
that the EOA of Device #1 (subjected to adolescent/adult pulmonary conditions) decreased after dilation, 
while the EOA of Device #2 (subjected to pediatric aortic conditions) increased dilation as expected. 
Since the balloon dilation changed the valve geometry, the post-dilation geometry could have an 
increased resistance to valve opening leading to an increased mean PPD (i.e. transvalvular pressure 
gradient) and lowered EOA at pulmonary pressures (Device #1). Meanwhile, this increased resistance 
may have been overcome at higher aortic pressures (Device #2) leading to the expected reduction in the 
mean PPD with commensurate increase in EOA. Additional modeling studies and experiments would be 
needed to test this hypothesis. 
 
4.4.6 Limitations 
The mechanical tests and the balloon dilation procedure were conducted in room air at ~25 °C. It is 
possible that a blood or saline environment at 37 °C would affect the polymers’ mechanical response and 
the resulting permanent stretch. Also, only the central valve region of the conduit was dilated. The 
proximal and distal ends remained at 22 mm and were not dilated due to the fixed 22 mm size of the pulse 
duplicator testing fixture. This may have impaired the hydrodynamic performance of the dilated devices. 
Additionally, the fatigue life of this device has not been tested. 
While rat subcutaneous implantation is a widely accepted model for initial biocompatibility testing 
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of valve components (Bonetti, Marchini, & Ortolani, 2019; Christian et al., 2015; Frasca et al., 2020; 
Levy et al., 1983), the valved conduit material should ultimately be exposed to circulation and cyclic 
loading in the valve position of a large animal model to assess not only biocompatibility, but also 
potential effects on mechanical properties, expandability, and long-term durability. Additionally, the 
potential for expansion after formation of surgical adhesions around the conduit must be confirmed. 
Although the impacts of these in vivo interactions are unknown, our clinical experience with balloon 
dilation and stenting in non-valved vascular locations is encouraging, as we know that some permanent 
deformation of Gore-Tex® grafts, patched vessels, or previously implanted stents can be achieved at 
different time points after the initial surgery. 
 
4.4.7 Future directions 
Since the completion of this study, we have identified another biostable material capable of greater 
than 2x permanent stretch, and we are currently developing a 2nd generation prototype. Based on the in 
vitro testing results presented here, it is expected that the design of this new growth-accommodating 
valved conduit will benefit from the optimization of hemodynamics across all stages of growth. To 
achieve this, we are developing computational simulations of valve kinematics and hemodynamics that 
will enable the study of various growth-accommodating valve geometries with different numbers of 
leaflets (e.g. bileaflet vs. trileaflet) and different leaflet heights, widths, and free edge lengths. These 
simulations will take place within a framework that incorporates the nonlinear fluid-structure interaction 
(FSI) physics via coupled FEA and computational fluid dynamics (CFD) analyses, while also accounting 
for potentially altered material properties post-dilation. The intent is then to manufacture optimized 
prototypes, demonstrate their in vivo performance and expandability in a large animal model of RVOT 
replacement in sheep, and with FDA approval, conduct a phase I clinical trial to evaluate their safety for 
implantation in humans. 
The concept of tissue engineering represents the ultimate solution for pediatric heart valves, as the 
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intended result is a living, biological organ that will grow and adapt to changes in the patient’s physiology 
(Bouten, Smits, & Baaijens, 2018; Boyd, Parisi, & Kalfa, 2019). The classic methodology for tissue 
engineering utilizes a biodegradable valve-shaped scaffold that is seeded with cells, matured in vitro in a 
bioreactor, and then implanted in the patient so that leaflet tissue can grow naturally (R. Langer & 
Vacanti, 1993). However, tissue engineered heart valves are not yet suitable for clinical application; key 
challenges include maintaining the balance of scaffold biodegradation with extracellular matrix 
formation, as well as preventing leaflet shortening arising from the contractile nature of seeded cells 
(Driessen-Mol et al., 2014; B. Weber et al., 2013). Solving these problems will require the development 
of new biomaterials and greater knowledge regarding the fundamental mechanisms of scaffold-based 
tissue regeneration (Bouten et al., 2018; Fioretta, Dijkman, Emmert, & Hoerstrup, 2018). 
In contrast, the concept of growth accommodation via balloon dilation of a polymeric valve is based 
largely on currently accepted technologies. Biostable polymeric valves have been successfully translated 
to the clinic – ePTFE valves are commonly assembled in the operating room and then implanted with 
excellent results (Ando & Takahashi, 2009; Miyazaki et al., 2018; Quintessenza et al., 2010; Yamashita et 
al., 2016), and polyurethane valves manufactured by robotic dip molding (Foldax, Inc., Salt Lake City, 
Utah) are currently undergoing clinical trials (“Early Feasibility Study for the Foldax Tria Aortic Heart 
Valve,” n.d.; “Early Feasibility Study for the Foldax TRIA Mitral Heart Valve Replacement (FOLDAX),” 
n.d.). Furthermore, catheter-based interventions already represent the standard of care for treating valvular 
disease, such as with balloon valvuloplasty for valve stenosis (Alsawah et al., 2016; Otto et al., 1994) and 
post-implantation balloon dilation of transcatheter aortic valves (Hahn et al., 2014). Hence, while tissue 
engineering technology continues to mature, balloon-expandable polymeric valves constitute a realistic 
near-term solution for pediatric patients and warrant greater attention. 
 
4.5 Conclusions 
In this chapter, we have established the first proof of concept of a polymeric valved conduit that can 
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be expanded to accommodate patient growth via transcatheter balloon dilation while maintaining its 
valvular competence. The expansion from a 22 to 25 mm diameter was achieved via permanent 
deformation of the Elast-EonTM material, while valve performance at the expanded diameter was 
maintained using a leaflet design with increased coaptation area. Our results have demonstrated the 
feasibility of this concept and provide motivation for further development of a polymeric valved conduit 
that can accommodate the growth of children from a neonatal to adult size and reduce the need for 
multiple open-heart surgeries. 
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Chapter 5: A Second-Generation ePTFE Growth-Accommodating 
Heart Valved Conduit 
 
5.1 Introduction 
While graphene is often touted as the next wonder material, another wonder material which has 
already permeated our daily lives is expanded polytetrafluoroethylene (ePTFE), invented by Bob Gore at 
W.L. Gore and Associates in 1969 and famously known as Gore-Tex®. ePTFE is a microporous form of 
polytetrafluoroethylene (PTFE), which by itself has many notable properties, including high chemical 
resistance, thermal stability, lubricity, hydrophobicity, and biocompatibility (Ebnesajjad, 2015). 
Manufacturing of ePTFE typically consists of three main steps (Ebnesajjad, 2015): 
1. Paste extrusion of a rod, tube, or membrane from fine powder PTFE mixed with a 
lubricant. A typical PTFE powder particle (on the order of ~100 µm in size) 
(Ranjbarzadeh-Dibazar, Shokrollahi, Barzin, & Rahimi, 2014) consists of even finer 
crystallites (~0.1 µm in size), which are themselves comprised of thin ribbons (0.006 µm 
thick) folded upon themselves and held together by Van der Waals forces (Rahl, Evanco, 
Fredericks, & Reimschuessel, 1972). Compressive forces within an extrusion die cause 
the mechanical interlocking of crystallites. Then, shear forces imposed on the crystallites 
as they exit the die cause their ribbons to unwind and extend between the remaining 
intact particles (Ariawan, Ebnesajjad, & Hatzikiriakos, 2002). 
2. Heating the PTFE extrudate to a temperature anywhere from 35 °C to over 300 °C, 
and then stretching it at high strain rates ranging from 0.1 s-1 to 400 s-1. The rapid 
stretching (i.e. expansion) process further unwinds the crystallites and results in a porous, 
matrix-like microstructure containing two distinct domains: 1) nodes comprised of an 
agglomeration of intact crystallites, oriented perpendicularly to the direction of 
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stretching, and 2) fibrils formed by bunching of the unwound ribbons, oriented in parallel 
to the direction of stretching (Kitamura et al., 2000; Ranjbarzadeh-Dibazar, Barzin, & 
Shokrollahi, 2017). 
3. Heating the material to a temperature of ~327 °C or above while restraining it in the 
stretched configuration. Since 327 °C is the melting temperature of PTFE, this heat 
treatment causes sintering of the newly expanded microstructure – the crystallites within 
a node are fused internally and to one another, while adjacent fibrils coalesce into more 
massive fibers (Kitamura et al., 2000). As a result, the ribbons which constituted the 
fibrils can no longer be retracted nor further unwound. Thus, the newly expanded 
microstructure is essentially fixed, preventing shrinkage of the material back to fully 
dense PTFE and improving both strength and creep resistance. This step is often referred 
to as amorphous locking. 
The expanded form of PTFE (i.e. ePTFE) retains many of the same properties as the original 
unexpanded PTFE, plus the additional qualities of high strength, creep resistance, and gas permeability 
while remaining impermeable to most liquids at low pressures (Ebnesajjad, 2015, 2017b). Furthermore, 
these properties can be tailored during the ePTFE manufacturing process by varying parameters such as 
the temperature and rate of stretching. As a result, ePTFE can now be found across a wide range of 
industrial applications, from joint sealant tapes (i.e. plumber’s tape) to filtration membranes, waterproof 
outdoor clothing, and surgical grafts and patches. 
In particular, ePTFE is a favored material for blood-contacting implantable medical devices owing to 
its antithrombotic surface and its porous microstructure, which promotes good cell adhesion (Cassady, 
Hidzir, & Grøndahl, 2014; Kannan, Salacinski, Butler, Hamilton, & Seifalian, 2005). ePTFE vascular 
grafts are routinely used in the clinic and represent the standard of care in vascular repair (Chow et al., 
2020; Doble, Makadia, Pavithran, & Kumar, 2008; Takagi, Goto, Matsui, Manabe, & Umemoto, 2010). 
Furthermore, as previously noted in Chapter 4, ePTFE-based heart valves are commonly used in clinical 
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practice with excellent performance and durability (Ando & Takahashi, 2009; Miyazaki et al., 2018; 
Quintessenza et al., 2010; Yamashita et al., 2016). 
Another important property of ePTFE is its ability to sustain large amounts of permanent 
deformation. This quality appears to be enabled by its unique node-fibril microstructure (Figure 5.1). 
While ePTFE generally has high stiffness and strength along the fiber direction, it is more compliant and 
has a lower yield strength along the nodal direction. Furthermore, a large percentage of the deformation 
along the nodal direction is permanent and irrecoverable. For example, it was shown that a temporary ~3x 
diameter expansion of an ePTFE conduit – with the long axes of the nodes oriented circumferentially – 
could result in a permanent ~2x expansion (Loneker et al., 2018; Qadir et al., 2020).  
We hypothesized that this property could be taken advantage of to expand not just a conduit, but a 
valved conduit. This chapter presents ongoing work in the characterization and selection of ePTFE 
materials that meet the mechanical and biocompatibility requirements, the design and fabrication of the 
second generation of a polymeric biostable valved conduit, and in vitro hydrodynamic testing. 
 
Figure 5.1. Node and fibril microstructure of ePTFE. Shown is an SEM image of the surface of an 
ePTFE membrane with internodal distance of ~20 µm. The nodes run horizontally across the page, while 
the fibrils are oriented vertically. Large permanent deformations can be achieved by stretching the 
material along the long axis of the nodes (indicated by the arrows). 
 
5.2 Methods 
5.2.1 Materials characterization and selection 
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We evaluated the mechanical behavior and biocompatibility of two different configurations of 
commercially produced ePTFE membranes (International Polymer Engineering, Tempe, Arizona). The 
ePTFE membrane intended for the conduit component of the valved conduit had a thickness of 610 ± 51 
µm and internodal distance of 30 ± 15 µm (designated IND-30) per manufacturer data. The membrane 
intended for the valve component had a thickness of 180 ± 25 µm and internodal distance of 20 ± 10 µm 
(designated IND-20) per manufacturer data. 
Mechanical testing: To determine their capacity for permanent deformation, individual samples of 
each material were uniaxially stretched to a single predetermined stretch ratio (𝜆 = 2, 3, 4, or 5) and then 
immediately released, following the same procedure described in Chapter 4 for stretch testing. Only one 
sample was tested for each combination of material and stretch ratio (8 samples tested total), due to a 
limited supply of materials. Thus, there was insufficient mechanical data for the performance of statistical 
analyses. 
Biocompatibility testing: The biocompatibility of the IND-30 ePTFE was evaluated in a rat 
subcutaneous model (n = 3 rats) of implantation following the same procedure described in Chapter 4. 
Each animal received three specimens, with one specimen made from each of the following groups of 
ePTFE: 1) non-stretched IND-30 ePTFE, 2) IND-30 ePTFE which had been temporarily stretched by 2x, 
resulting in a 1.4x permanent pre-stretch, 3) FDA-approved Gore® Preclude® Pericardial Membrane 
ePTFE (W. L. Gore & Associates, Flagstaff, Arizona) as a control group. Samples of FDA-approved 
Gore-Tex® ePTFE (W. L. Gore & Associates, Flagstaff, Arizona) were also implanted in a different set 
of rats (n = 3 rats with 2 samples in each rat) as a second control group. 
 
5.2.2 Second-generation design 
The general design of the valved conduit comprises a cylindrical conduit with a tri-leaflet valve 
located at the center (Figure 5.2). It is an assembly of two initially separate valve and conduit 
components. These two ePTFE components are mechanically bonded by means of a polymeric glue 
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which infiltrates into the pores of the ePTFE. A stent is located in the annular region between the valve 
and conduit components and is thus encapsulated within the glue layer. Thus, the device consists of four 
primary components: 1) the valve, 2) the conduit, 3) the polymeric glue layer which adheres the valve and 
the conduit, and 4) the stent. 
 
Figure 5.2. Schematic drawing of ePTFE valved conduit. The cross-sectional detail shows the 
arrangement of the internal ePTFE valve component and the external ePTFE conduit component, which 
are attached using an intermediary polymeric bonding layer. A stent is positioned in the annular region 
between the valve and the conduit and is thus embedded witin the bonding layer. 
 
5.2.3 Fabrication 
A valved conduit prototype with diameter 𝐷 = 22 mm and circumference 𝐶 = 𝜋𝐷 was fabricated 
according to the following procedure Figure 5.3:  
1. A rectangular grid (3 cells wide by 2 cells high) was marked onto a sheet of 0.180 mm 
thick IND-20 ePTFE (Figure 5.3). Each cell had a width 𝑊 = 𝐶/3 and a height 𝐻 =
𝑊 × 0.8. An additional 2 mm of width was added to the grid (1 mm on each end) to 
provide space for suturing in later steps. 
2. The grid was cut from the ePTFE sheet and folded across the long axis. 
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3. Four lines of sutures along the vertical gridlines were used to create three pockets that 
serve as the valve cusps. The two ends were then sutured together to form a tubular 
trileaflet valve structure. 
4. The trileaflet valve was mounted onto a valve-shaped mandrel which held the leaflets in 
the closed valve position, keeping physical separation between the leaflets and the wall of 
the tube. 
5. A layer of Elast-EonTM film, approximately 300 µm in thickness, was wrapped around the 
valve. A stent was then placed over the valve and Elast-EonTM film and crimped to hold it 
in place. Then another ~300 µm thick layer of Elast-EonTM was wrapped around the 
outside of the stent. A sheet of IND-30 ePTFE was wrapped around outside to form the 
conduit. 
6. Teflon tape was wrapped tightly around the valve and conduit, and the top and bottom 
ends of the valve region were sealed using hose clamps. 
7. The entire assembly was heated in a furnace at 200 °C and ambient pressure for 15 
minutes. It was then removed from the furnace and allowed to cool. After cooling, the 





Figure 5.3. Fabrication of ePTFE valved conduit prototype. (a) A rectangular grid was marked onto a 
sheet of ePTFE. Each cell had a width 𝑊 = 𝐶/3 and a height 𝐻 = 𝑊 × 0.8. (b) The grid was cut from 
the ePTFE sheet and folded across the long axis. (c) Four lines of sutures along the vertical gridlines were 
used to create three pockets that serve as the valve cusps. (d) The two ends were then sutured together to 
form a tubular trileaflet valve structure. (e,f) The trileaflet valve was mounted onto a valve-shaped 
mandrel. A layer of Elast-EonTM film, was wrapped around the valve, followed by placement of a stent, 
and then a second layer of Elast-EonTM. A sheet of IND-30 ePTFE was wrapped around the outside to 
form the conduit. (g) Teflon tape was wrapped tightly around the valve and conduit, and the top and 
bottom ends of the valve region were sealed using hose clamps. (h) The entire assembly was heated at 
200 °C and ambient pressure for 15 minutes. After cooling, the finished prototype was removed from the 
mandrel. 
 
5.2.4 In vitro evaluation 
The in vitro hydrodynamic function of the valved conduit prototype in its pre-dilation state was 
evaluated before balloon dilation using a commercial heart valve pulse duplicator, using adolescent/adult 
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pulmonary conditions at 15 mmHg mean arterial pressure and following the same procedure described in 
Chapter 4. Hydrodynamic data is expressed as mean ± standard deviation. Attempts were made to dilate 
the device using a 46 mm diameter Coda balloon catheter (Cook Medical, Bloomington, Indiana) and 
then a 26 mm diameter Z-MED Balloon Aortic and Pulmonic Valvuloplasty Catheter (B. Braun 
Interventional Systems Inc., Bethlehem, Pennsylvania). 
 
5.3 Results and discussion 
5.3.1 Materials characterization and selection 
Mechanical testing: Both IND-20 and IND-30 ePTFE exhibited some elastic and viscoelastic 
recovery from large deformations with relatively large amounts of permanent stretch (Figure 5.4a,b). 
Stretching IND-20 ePTFE by 𝜆𝑡𝑒𝑚𝑝 = 2, 3, 4, and 5 resulted in permanent stretches of 1.31, 1.99, 2.64, 
and 3.54, respectively. The same set of tests for IND-30 ePTFE resulted in permanent stretches of 
𝜆𝑝𝑒𝑟𝑚 = 1.38, 1.87, 2.75, and 3.48, respectively. Figure 5.4c summarizes these results and also shows 
that ePTFE is capable of much greater permanent deformation than Elast-EonTM and CarbothaneTM, which 
as we showed in Chapter 4, tend to recover nearly fully even after large 3x stretches. Figure 5.5 shows 
SEM images of the surfaces of IND-20 and IND-30, along with an image of IND-30 after a permanent 
stretch of 1.4x. The porosity of IND-30 appears to be reduced after stretching, while the node-fibril 
arrangement also appears to be less well-aligned. The mechanisms enabling permanent deformation in 
ePTFE require further investigation. 
The ePTFE mechanical testing data echo the results of Loneker et al. (2018), who showed that 
circumferentially stretching an ePTFE tube by ~3x would result in a permanent diameter expansion of 
~2x. The ~2x permanent stretch achieved in IND-20 and IND-30 ePTFE membranes suggest that a valved 
tube constructed from similar materials could be permanently expanded from a diameter of 12 mm to 24 
mm, which is a sufficient amount of growth to bring a neonate into adulthood. Furthermore, the ePTFE 
material is capable of incremental growth, since a ~2x temporary stretch resulted in a ~1.3x permanent 
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stretch, enough to expand from 12 mm to 15 mm in diameter and avoid one surgery. Additional tests with 
temporary stretches between 2x-3x (e.g. 2.5x) would be expected to yield additional increments of 
permanent stretch between 1.3x-2x, which should translate into additional increments of growth 
achievable by balloon dilation. 
In vivo biocompatibility testing: Patches of non-stretched IND-30 ePTFE, pre-stretched IND-30 
ePTFE, Gore® Preclude® ePTFE control material, and Gore-Tex® ePTFE control material (n = 3 
samples per group) were implanted in a rat subcutaneous model. Upon explantation after 2 months, the 
IND-30 samples showed cell penetration that was greater than in Gore® Preclude®, but comparable to 
the Gore-Tex® (Figure 5.6). Calcification in both non-stretched and stretched IND-30 ePTFE was also 
greater than in Preclude®, but less than in Gore-Tex®. There was no visible difference between the pre-
stretched and non-stretched IND-30 samples. Further testing is needed to study how in vivo conditions 
affect the permanent expandability of the ePTFE, as well as how the permanent expansions affect the 
biocompatibility of the material. 
 
 
Figure 5.4. Mechanical characterization and in vivo biocompatibility testing of Elast-EonTM and 
CarbothaneTM. (a) Representative stress-stretch curves for distinct samples of IND-20 and IND-30 
ePTFE when stretched uniaxially to stretch ratios of 𝜆𝑡𝑒𝑚𝑝 = 2, 3, 4, and 5 and then unloaded (n = 1 for 
each combination of material and stretch ratio). (b) Stress-stretch curve for IND-20 stretched by 𝜆𝑡𝑒𝑚𝑝 = 
3. The dashed gray line indicates the amount of immediate recovery after stretching and then unloading, 
and the solid gray line indicates the permanent deformation remaining after 24 hours. (c) Amount of 
permanent stretch resulting from different temporary stretch ratios for IND-20 ePTFE (black circles) and 
IND-30 ePTFE (white diamonds). For comparison, averaged data for Elast-EonTM (gray squares) and 
CarbothaneTM (gray triangles) is included from Chapter 4. Both IND-20 and IND-30 ePTFE showed 





Figure 5.5. Microstructural characterization ePTFE. SEM images of the surface of (a) IND-30 
ePTFE, (b) IND-30 ePTFE after permament stretching by 1.38x, and (c) IND-30 ePTFE. 
 
 
Figure 5.6. Biocompatibility of ePTFE in a rat subcutaneous model. Shown are histological sections 
of ePTFE explanted after 2 months in a rat subcutaneous model, then stained with hematoxylin and eosin 
(top row, a-d) and Alizarin Red (bottom row, e-h). Gore® Preclude® Pericardial Membrane ePTFE (a,e) 
and Gore-Tex® ePTFE (b,f) were used as control samples to compare with non-stretched IND-30 ePTFE 
(c,g) and IND-30 ePTFE permanently pre-stretched by 𝜆𝑝𝑒𝑟𝑚 = 1.4 (d,h). Cell penetration in both non-
stretched and stretched IND-30 ePTFE was greater than in Preclude®, but comparable to Gore-Tex®. 
Calcification in both non-stretched and stretched IND-30 ePTFE was also greater than in Preclude®, but 




5.3.2 Second-generation design 
One primary challenge associated with ePTFE is the difficulty of achieving complex 3D geometries 
such as a valve within a conduit. The high chemical resistance, high melting temperature, and high melt 
viscosity of fully dense PTFE are not compatible with typical polymeric valve fabrication methods such 
as dip molding and injection molding, although compression molding may be used (Ebnesajjad, 2017a). 
The use of ePTFE is further complicated by the need for stretching during its manufacture. Thus, the 
geometries of production-level ePTFE materials are limited to simple rods, tubes, and membranes. These 
constraints motivated the use of a design scheme based on separate valve and conduit components, which 
are then assembled and bonded using an intermediary layer of polymeric glue. 
Our proposed design for an ePTFE-based valved conduit is similar to those previously described by 
Ando & Takahashi (2009), who used a trileaflet ePTFE valve component sutured to the interior of a 
Dacron conduit, and by Kim, et al. (2013), who used ePTFE for both the valve and conduit components. 
However, there are some key differences since these previous designs were not intended to accommodate 
growth: 
1. While the exact mechanical behavior of the materials in the previous designs is not 
known, the ePTFE materials in our proposed design were specifically chosen for their 
ability to sustain large permanent deformations under mechanical loading. 
2. While the previous ePTFE-based valved conduits used sutures to attach the valve to the 
conduit, our proposed design uses a polymeric glue. This choice was made because 
typical suture materials would not be able to stretch and could severely limit the ability of 
the device to expand. The use of a compliant polymeric gluing layer ensures that the 
surrounding ePTFE material can be stretched unencumbered. Furthermore, our 
preliminary tests showed that mechanical stretching of sutured materials could also 
stretch the suture holes and lead to an increased risk of leakage. 
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3. Our proposed design introduces a stent that is positioned in the annular region between 
the valve component and the conduit. The purpose of the stent is to stabilize the diameter 
of the valve as it is expanded. This is needed because the most suitable polymeric glues 
are polyurethane-based thermoplastics, such as CarbothaneTM and Elast-EonTM, which we 
showed in Chapter 4 to be elastomeric – their tendency to retract after large elongations 
would defeat the expandability of the ePTFE. Thus, the stent is needed to counter the 
retraction of the elastomeric glue layer and stabilize the annulus. 
Another important aspect of the proposed design is that the leaflets open fully against the interior 
wall of the conduit, enabling uniform stretching of the leaflets during balloon dilation. As discussed in 
Chapter 4, leaflets with a more complex geometry could undergo a non-uniform expansion with 
subsequent negative effects on hemodynamics. However, future work should ensure that leaflets do not 
become stuck to the conduit wall in the open position. The introduction of pledget sutures to encourage 
closing of the leaflets (H. Kim et al., 2013) or sinuses in the conduit wall to maintain spacing from the 
leaflets (T. I. Chang & Chang, 2013; Shinkawa et al., 2015) would help to reduce this risk, but 
incorporating them into an expandable device will be challenging. 
 
5.3.3 Fabrication 
The completed prototype is shown in Figure 5.7. In this prototype, the pockets of the valve 
component were formed using sutures. However, suturing is a time-intensive manual process with low 
repeatability and scalability. Furthermore, each suture hole creates a stress concentration and thus 
represents a potential point of failure. In future prototypes, the sutures could be replaced using techniques 
such as thermal sealing (sometimes referred to as sintering), which is an industrial method for fusing 




Figure 5.7. Prototype of ePTFE-based valved conduit. (a) Profile view showing the outline of the stent 
positioned in the annular region between the valve and conduit. (b) Open and (c) closed configurations of 
the valve. 
 
5.3.4 In vitro evaluation 
Hydrodynamic testing of the device under adolescent/adult pulmonary conditions showed excellent 
valve function with effective orifice area (EOA) of 1.99 cm2 (>1.15 per ISO), regurgitant fraction (RF) of 
6.0% (<10% per ISO), and transvalvular pressure gradient (PPD) of 7.4 mmHg (Figure 5.8). Incomplete 
opening of the valve leaflets was due to defects arising from the manual prototyping and fabrication 
process. 
The 46 mm Coda balloon was unable to dilate the valved conduit. As the balloon was inflated, rather 
than expand the device, the balloon bulged out the ends of the conduit. This occurred because the Coda 
balloon was constructed from a relatively compliant material compared to the device. On the other hand, 
the Z-MED balloon is relatively non-compliant, and it was able to temporarily dilate the device from 22 
mm to 26 mm (𝜆𝑡𝑒𝑚𝑝 = 1.2). The resulting amount of permanent expansion was negligible (𝜆𝑝𝑒𝑟𝑚 ~ 1), 
which is reasonable since the ePTFE mechanical stretch tests (Figure 5.4) showed that a much higher 
temporary stretch of 𝜆𝑡𝑒𝑚𝑝 = 2 would be required to obtain a substantial permanent stretch of 𝜆𝑝𝑒𝑟𝑚 ~ 
1.3. Additionally, the elastomeric nature of the Elast-EonTM bonding layer would encourage further 
retraction to the original diameter. While the stent was intended to resist this retraction, it appears that 
optimization studies may be needed to achieve a better balance between the stent, the bonding material, 
and the surrounding ePTFE. 
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It is anticipated that future valved conduit prototypes with smaller starting diameters (e.g. 12 mm) 
would show significant expansion when dilated with the 26 mm Z-MED. However, the ePTFE 
mechanical stretch tests also showed that a temporary expansion of 𝜆𝑡𝑒𝑚𝑝 = 3 would be needed to 
achieve a permanent expansion of 𝜆𝑝𝑒𝑟𝑚 ~ 2. Therefore, non-compliant balloons with diameters of up to 
36 mm may be needed to achieve the ultimate goal of a 12-24 mm permanent expansion. 
 
Figure 5.8. Qualitative effects of the balloon dilations on in vitro hydrodynamic performance of the 
valved conduits. (a) Representative pulse duplicator reading from a single cardiac cycle for ventricular 
pressure (blue line), arterial pressure (red line), and forward flow (green line) are shown as a function of 
time prior to dilation. (b) Prototype valved conduit mounted in the pulse duplicator. (c) Open and (d) 
closed configurations of the 22 mm diameter valve, prior to dilation, showing good leaflet coaptation and 
opening. Scale bars = 10 mm. 
 
5.4 Summary and future directions 
In this chapter, we have presented the materials characterization, design, and initial prototype of an 
ePTFE-based valved conduit that is intended to be expanded via transcatheter balloon dilation while 
maintaining its valvular competence. These initial results lay the groundwork for future studies that will 





5.4.1 Fluid-structure interaction modeling 
One primary objective of this project is to develop a computational fluid-structure interaction (FSI) 
model which can then be used to optimize the design and resulting hemodynamics of the valve for all 
stages of expansion and growth. This model will then be validated against experimental data from 
hydrodynamic testing of prototypes in the pulse duplicator. The FSI model is currently being developed 
using an arbitrary Lagrangian-Eulerian formulation which adjusts the mesh of the fluid domain (blood 
flow) in response to the deformation of the solid domain (leaflet movement) (Sotiropoulos & Borazjani, 
2009). 
Key inputs to this model include the mechanical properties of the ePTFE materials and appropriate 
boundary conditions that simulate the experimental conditions in the pulse duplicator. In order to provide 
a range of potential material parameters, we intend to mechanically test a range of ePTFE materials with 
varying densities and thicknesses. Work is also underway to model the upstream and downstream 
boundary conditions for the prototype valved conduit when it is mounted in the pulse duplicator. This can 
be accomplished using a lumped parameter model, as Lee et al. (2020) have done previously using a 
similar pulse duplicator system. In brief, the heart valve pulse duplicator in our study has five primary 
sections: 1) a piston pump for driving fluid flow, 2) a heart function emulator which contains compliance 
and resistive elements to simulate conditions of the heart, 3) an upstream section which is divided into 
atrial and ventricular chambers by a one-way valve that simulates a mitral valve, 4) a heart valve test 
section where the test valve is mounted, and 5) a downstream section to simulate the compliance of the 
vessels downstream of the heart. The heart function emulator, upstream section, and downstream section 
may be modeled using a combination of capacitive and resistive elements, while valve components may 
be modeled as diodes. A typical model for hemodynamics in the circulatory system is the three-element 
Windkessel model (Westerhof, Lankhaar, & Westerhof, 2009), which is applicable here for the 
downstream boundary conditions associated with the downstream section. The three-element Windkessel 
model consists of a characteristic impedance, a capacitive element to capture the compliance of the 
arteries and vessels, and a resistive element to capture their resistance to blood flow. The upstream 
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boundary conditions are associated with the heart function emulator and upstream section. These are more 
complex components and will require further study to develop an appropriate upstream model. 
 
5.4.2 Design optimization 
The experimentally validated FSI model will be used to optimize the design of the valve for all 
stages of growth (i.e. from diameters of 12 mm to 24 mm) using performance metrics such as effective 
orifice area, regurgitation, transvalvular pressure gradient, flow profile, and vorticity. The design of 
prosthetic heart valves has been the subject of much study, and numerous leaflet geometries have been 
proposed using various geometrical descriptions (R. L. Li et al., 2019). One fundamental question is the 
number of leaflets to include in the valve. Monocusp, bileaflet, and trileaflet valves have been used in the 
clinic, and even quartoleaflet valves have been proposed. Considerations include not only hemodynamics, 
but also ease of fabrication – many prosthetic valves are not commercially made, rather they are manually 
constructed by surgeons the operating room – as well as anatomical size constraints (C. W. Mercer, West, 
Sharma, Yoshida, & Morell, 2018). Both bileaflet and trileaflet ePTFE valves have been used in clinical 
practice, although trileaflet valves are favorable. Bileaflet valves have shown excellent potential for 
growth accommodation (Hammer et al., 2017; Hofferberth et al., 2020), but since native aortic and 
pulmonary valves have three leaflets, it’s generally thought that a prosthetic trileaflet valve will provide 
better flow characteristics than a prosthetic bileaflet valve. 
Another design aspect that requires optimization is the expandability of the device. As previously 
mentioned, the mechanical behavior of the valve, conduit, stent, and bonding layer must be well-balanced 
in order to achieve controlled, incremental expansions from 12 mm all the way to 24 mm in diameter. To 
that end, our group has thus far shown through numerical optimization that particular CoCr and stainless 
steel stent designs, when combined with the exterior conduit and the intermediary bonding layer (but 
without the valve), could be temporarily dilated from 12mm to 22 mm in diameter and recover to a final 
permanent diameter of 16 mm (Russ et al., 2021). While the construct in this computational study did not 
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include the ePTFE valve, these results provide confidence that further optimization of all the device 
components, along with use of larger temporary dilations, could achieve the ultimate goal of a 12-24 mm 
permanent expansion. 
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Scope and contributions 
In this dissertation, we have proposed a new framework for the analytical modeling, design, and 
fabrication of core/shell composite lattice materials. The new analytical models for the mechanical 
properties of composite lattice materials are based on accepted models for homogeneous lattice materials, 
which are then extended to include composite lattices using traditional theories for the mechanical 
properties of composite materials. In Chapter 1, we first demonstrated this framework by modeling and 
then experimentally measuring the Young’s moduli and strengths of polymer-core/metal-shell composite 
microlattices with octet and tetrakaidecahedron topologies. A comparison of the models and experiments 
showed that the new analytical models are indeed plausible. Furthermore, particular ranges of shell 
thicknesses were identified as providing effective reinforcement for the composite lattice. From these 
results, we defined a set of general design criteria which specifies that the range of shell thicknesses 
should 1) achieve a mechanical advantage on a volume or mass basis and 2) be thin enough not to 
dominate the mechanical behavior as a hollow lattice. These criteria and the accompanying analytical 
models presented in this work may be used to design future generations of stronger, stiffer, and lighter 
composite lattice materials. 
The initial study was focused on octet and tetrakaidecahedron lattices with a polymer core and metal 
shell. However, our proposed framework could in principle be applied to composite lattices with arbitrary 
topologies and strut cross-sections, as well as any number of solid phases. In Chapter 2, we demonstrated 
this by further extending the study to include hollow metal microlattices coated with graphene. Since the 
graphene coatings are conformal to the topology of the microlattices, this work also represents a 
framework for the extension of graphene – a 2D material – into architected 3D configurations. Both the 
models and preliminary experiments with Ni-B-only and graphene-coated Ni-B-Gr lattices showed some 
consistency – the addition of graphene significantly increased the lattice strength but did not change the 
Young’s modulus. However, further work is needed to improve the quality of the Ni-B-based lattice 
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samples and to isolate the effects of the graphene growth process on the mechanical properties of the 
underlying Ni-B. We also demonstrated monolayer graphene growth on Cu microlattices, and work is 
now underway to optimize the CVD process and improve the quality of the Cu-based samples as well. 
As our ultimate goal is to utilize architected graphene networks as reinforcement in a composite, we 
began exploring their potential application in growth-accommodating polymeric heart valves. In Chapter 
3, we performed a literature review of the microstructure and biomechanics of native heart valve leaflets 
and then explored current progress in the development of polymeric heart valve prostheses. The literature 
describes the native heart valve leaflet as an intricate mechanism specially suited to operate for billions of 
cycles in a dynamic loading environment in the most critical organ of the body. It has a multilayered 
microstructure reinforced with networks of collagen and elastin fibers, producing highly anisotropic and 
complex hyperelastic and viscoelastic mechanical behavior which has been revealed through uniaxial, 
biaxial, flexural, and fatigue testing. 
Polymers can also exhibit complex mechanical behavior, characterized by hyperelasticity, 
viscoelasticity, and plasticity. Recent developments of anisotropic nanocomposites and block copolymers, 
anisotropic hyperelastic material models, and computational tools for microstructure optimization have 
demonstrated the value and potential of biomimicry in polymeric heart valves. The effect of polymer 
mechanical properties on valve performance and durability is also inextricably linked to the geometry of 
the valve leaflets. In this regard, advances in computer power have led to the creation of complex FSI 
models, enabling one to optimize valve geometry for a particular material under dynamic physiological 
conditions. Manufacturing is another important consideration for polymeric valves. Nature’s ability to 
synthesize, repair, and remodel biological tissue from the nanoscale to macroscale clearly surpasses any 
existing man-made technology. Furthermore, industrial manufacturing methods have many limitations 
that can impose constraints on valve materials and design. However, certain combinations of techniques 
and materials, such as injection molding of block copolymers, have been used to tune the material 
microstructure and produce interesting mechanical behavior which begins to resemble that of native 
valves. It is expected that continued advancements in materials design and modeling, valve fabrication, 
221 
 
and numerical simulations and design optimization will contribute to significant improvements in 
polymeric valve performance. 
One unique characteristic of many polymers is their ability to sustain significant amounts of 
permanent deformation while retaining their structural integrity. Thus, polymers are potentially well-
suited for creating heart valves that can be mechanically expanded to accommodate the growth of a 
patient and reduce the need for multiple valve replacement surgeries. We explored this concept in 
Chapters 4 and 5 by characterizing and selecting polymeric valve materials, designing the valve geometry 
for growth accommodation, fabricating prototypes, and testing their hydrodynamic performance before 
and after mechanical expansion. Our results in Chapter 4 established the first proof of concept of a 
polymeric valved conduit that can be expanded via transcatheter balloon dilation while maintaining its 
valvular competence. This 1st-generation prototype was constructed from the polymer Elast-EonTM and 
achieved an expansion from a 22 to 25 mm diameter. In Chapter 5, we identified ePTFE as a material 
capable of even greater expansion and proposed a novel design for a growth-accommodating ePTFE-
based valved conduit. Our preliminary results have demonstrated the feasibility of this 2nd-generation 
design and provide motivation for further design optimization and prototyping. 
 
Future perspectives 
We initially developed our framework for the modeling and design of composite lattice materials 
using composite microlattices with a polymer core and electroless-deposited Ni-P shell. However, this 
framework could also be applied to design composite lattices using different materials, lattice topologies 
and strut cross-sections. This versatility was demonstrated in Chapter 2 in our investigation of graphene-
coated hollow metallic microlattices. Of particular interest are metal- and ceramic-based composite 
structures with feature dimensions at the sub-micrometer length scales in order to study size effects and 
determine the limits of validity of the present theory. As the prior models for the strength of 
homogeneous tetrakaidecahedrons underpredict the experimental data, it would be valuable to investigate 
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this divergence and if necessary, develop a more accurate model. From a more global, long-term 
perspective, the translation of lattice materials from the research level to industry will require the 
development of faster and more scalable additive manufacturing technologies. The promise of 
lightweight, multifunctional, and more cost-effective architected materials motivates enormous 
commercial interest from the aerospace industry to medicine and telecommunications, making this an area 
of very active research (Liu et al., 2021).  
Our work on the graphene-coated lattices in particular opens up two intriguing pathways for further 
research: 1) the incorporation of architected graphene networks as reinforcement in a composite material 
and 2) the mechanical behavior that can be elicited from graphene when it is arranged in 3D 
configurations. Placing the graphene networks within a matrix will require further development of a 
transfer process that could involve removing the metallic microlattice template to leave freestanding 3D 
graphene and then infusing the 3D graphene with the matrix material (Z. Chen et al., 2011). An additional 
consideration is the strength of the interface between the graphene and surrounding matrix, which could 
be modified using various functionalization techniques (X. Sun et al., 2021). 
The concept of extending a 2D material to span three dimensions in a controlled manner opens 
many interesting possibilities with currently unknown potential. With the framework presented in this 
dissertation, one can systematically vary the lattice topology, unit cell length scale, shell thickness, and 
other parameters to study graphene’s reinforcing effects. It would also be beneficial to perform a set of 
more rudimentary studies using simpler structures such as graphene-coated cantilever beams and 
columns. The technique of two-photon templated electrodeposition (2PTE) should be explored for 
making metallic lattices and other structures with fully solid struts (Aksit et al., 2021; Wendy Gu & 
Greer, 2015). Since subsequent graphene deposition would occur only on the lattice’s outer surface, this 
could potentially simplify both the graphene transfer process and the study of graphene’s reinforcing 
effects. 
The design of the growth-accommodating ePTFE-based valved conduit will need to be optimized for 
hydrodynamic performance across all stages of growth. We are now constructing computational 
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simulations of valve kinematics and hydrodynamics to study and optimize various aspects of valve 
design, including the number of leaflets and leaflet geometry and thickness. These simulations will take 
place within a framework that incorporates the nonlinear fluid-structure interaction (FSI) physics via 
coupled FEA and computational fluid dynamics (CFD) analyses, while also accounting for potentially 
altered material properties post-dilation. Our plan within a few years’ time is to manufacture an optimized 
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Appendix A: Theoretical details of the analytical models for 
composite lattices 
A.1 Relative density and relative volume fraction 
The relative density of a single-phase homogeneous lattice material can be calculated in terms of 
volume as 
?̅? =
𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑡ℎ𝑒 𝑙𝑎𝑡𝑡𝑖𝑐𝑒
𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑡ℎ𝑒 𝑏𝑢𝑙𝑘 𝑠𝑜𝑙𝑖𝑑 𝑚𝑎𝑡𝑒𝑟𝑖𝑎𝑙
=







where 𝑉 is the solid volume of the lattice, 𝑉𝑣𝑜𝑖𝑑 is the volume of the voids, and 𝜌𝑠 is the mass density of 
the solid bulk material. 
Similarly, the relative density of a two-phase composite lattice material is given by 
?̅? =
𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑡ℎ𝑒 𝑙𝑎𝑡𝑡𝑖𝑐𝑒
𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑡ℎ𝑒 𝑏𝑢𝑙𝑘 𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒
= (
𝑉1𝜌1 + 𝑉2𝜌2







𝑉1 + 𝑉2 + 𝑉𝑣𝑜𝑖𝑑
, 
(A.2) 
where 𝑉𝑛 is the volume of the nth solid phase (𝑛 = 1,2), and 𝜌𝑛 is the mass density of the corresponding 
bulk composite material. Note that in both Eq. (A.1) and Eq. (A.2), the mass density terms are cancelled 
out so that the relative density ?̅? of the lattice can be defined simply in terms of volume. 
However, when examining composite lattice material, we are also concerned with the relative 
quantities of individual phases. The relative mass fraction ?̅?𝑚,𝑛 of phase n in a two-phase composite 




𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑝ℎ𝑎𝑠𝑒 𝑛 𝑖𝑛 𝑡ℎ𝑒 𝑙𝑎𝑡𝑡𝑖𝑐𝑒
𝑚𝑎𝑠𝑠 𝑑𝑒𝑛𝑠𝑖𝑡𝑦 𝑜𝑓 𝑡ℎ𝑒 𝑏𝑢𝑙𝑘 𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒
= (
𝑉𝑛𝜌𝑛










𝑉1 + 𝑉2 + 𝑉𝑣𝑜𝑖𝑑
. 
(A.3) 
The relative volume fraction of phase n in a two-phase composite lattice material is 
?̅?𝑣,𝑛 =
𝑉𝑛
𝑉1 + 𝑉2 + 𝑉𝑣𝑜𝑖𝑑
. 
(A.4) 
Therefore, ?̅?𝑣,𝑛 ≠ ?̅?𝑚,𝑛 for composite lattice materials, except in the case where 𝜌1 = 𝜌2. Since the 
mechanical properties of a composite lattice depend on its geometry, which is directly related to ?̅?𝑣,𝑛 but 
not to ?̅?𝑚,𝑛, the analytical models for Young’s modulus and strength are written in terms of ?̅?𝑣,𝑛. 
 
A.2 Calculation of relative densities 
Relative densities were calculated from CAD models and fitted to a polynomial of the form 












where 𝐶1 = 6√2𝜋 for octet lattices (Figure A.1a) and 𝐶1 = 3𝜋 (2√2)⁄  for tetrakaidecahedron lattices 
(Figure A.1b) (Deshpande, Fleck, et al., 2001; Meza et al., 2017; R. M. Sullivan et al., 2008; Tancogne-
Dejean, Spierings, & Mohr, 2016; H. X. Zhu et al., 1997). The maximum strut radius r, for a given strut 
length L, before struts begin to overlap is calculated from 𝑟 𝐿⁄ = 1 (2√3)⁄  for the octet and 𝑟 𝐿⁄ = 0.5 for 
the tetrakaidecahedron. The coefficients 𝐶2 were determined by fitting to be 𝐶2 = 54.6 for the octet, 






Figure A.1. Calculation of relative density with and without nodal correction factors. Nodal 
correction factors for (a) octet (b) tetrakaidecahedron lattices were computed by fitting Eqn. (A.5) to 
relative densities calculated using CAD software (SolidWorks). The blue lines represent the first order 
model of relative density (without the 𝐶2 term), while the red lines represent the higher-order model 




A.3 Stretching component of tetrakaidecahedron Young’s modulus and strength 
 
Figure A.2. Analytical model for Young’s modulus of a tetrakaidecahedron with and without 
stretching of struts. The plots show that the analytical model when excluding the deformation from axial 
(i.e. stretching) forces (Eqn. (1.37)) is approximately the same as the Young’s modulus when including 
the axial forces (Eqn. (1.36)). The increase in predicted modulus by excluding the axial forces ranges 
from 0.34% at a relative volume density of 0.041 to 0.69% at a relative volume density of 0.080 (𝜆 = 12, 
the limit of validity of the beam-based model) and to 6.1% at a relative volume density of 0.49. 
 
 
Figure A.3. Analytical model for strength of a tetrakaidecahedron with and without stretching of 
struts. The plots show that the analytical model when excluding the stress contribution from axial (i.e. 
stretching) forces (Eqn. (1.40)) is approximately the same as the strength when including the axial forces 
(Eqn. (1.39)). The increase in predicted strength by excluding the axial forces ranges from 5.9% at a 
relative volume density of 0.041 to 8.3% at a relative volume density of 0.080 (𝜆 = 12) and to 25% at a 




A.4 Flexural rigidity of a composite strut 
Since the moment-curvature relation is given by 𝑀 = 𝐸𝐼𝜅, then the moment carried by an 






where 𝑅 is the radius of curvature and 𝑦 is the distance to the neutral axis. The total moment carried by 
the composite strut is 



































where the Young’s modulus 𝐸(𝑟) is a function of the radius 𝑟. Thus, the flexural rigidity of the composite 
strut is obtained as 














A.5 Tetrakaidecahedron strength models 
 
 
Figure A.4. Comparison of tetrakaidecahedron strength models and data in the prior art. This plot 
shows compares experimental results for a solid IP-S polymer tetrakaidecahedron lattice from this work 
and a solid HDDA polymer tetrakaidecahedron lattice from Zheng et al. (Zheng et al., 2014), along with 
corresponding analytical models based on the formulations of Sullivan et al. (R. M. Sullivan et al., 2008) 





Appendix B: Alternate forms of the analytical models for composite 
lattices 
B.1 Octet Young’s modulus 
B.1.1 𝐸𝑐𝑜𝑚𝑝 𝐸1⁄  in terms of reinforcement factor and shell thickness t 











































where the terms in the square brackets represent the reinforcement factor. These forms also allow one to 









































































In this form, the terms outside the square brackets represent the Young’s modulus of the polymer 
lattice having a strut radius 𝑟2. Thus, the terms within the square brackets represent the stiffness composite 
factor – the non-dimensional factor by which the composite lattice Young’s modulus is improved 
compared to a polymer lattice having equivalent strut diameters. More intuitively, the composite factor 
represents the mechanical advantage of adding a particular shell material compared to simply increasing 
the thickness of the existing polymer in the struts. 
 






























In this form, one can take the limit of 𝐸1 → 0 (i.e. the core is a void) so that the upper bound 
represents the Young’s modulus of a lattice with hollow struts. Note that the lower bound then goes to 
zero. The upper bound may capture the general scaling behavior of hollow lattices, although as previously 























B.2 Octet strength 
B.2.1 𝜎𝑦,𝑐𝑜𝑚𝑝 𝜎𝑦1⁄  in terms of reinforcement factor and shell thickness t 
















− 1} ?̅?2/1)]. 
(B.11) 























2 (?̅?1/2 − 1)}] 
(B.13) 
In this form, the terms preceding the square brackets represent the strength of the polymer lattice 
having a strut radius 𝑟2. The terms within the square brackets represent the strength composite factor.  
 









2 (?̅?1/2 − 1)] 
(B.14) 
In this form, one can take the limit of 𝐸1 → 0 to obtain the strength of a lattice with hollow struts, in 












B.3 Tetrakaidecahedron Young’s modulus 
B.3.1 𝐸𝑐𝑜𝑚𝑝 𝐸1⁄  in terms of reinforcement factor and shell thickness t 
















− 1} ?̅?2/1], 
(B.16) 
where the term in the square brackets represents the reinforcement factor. 































4 + (1 − ?̅?1/2
4 )?̅?2/1] 
(B.18) 
Similar to Eqns. (B.5) and (B.6), the terms preceding the square brackets here represent the Young’s 
modulus of the polymer lattice having a strut radius 𝑟2. The terms within the square brackets represent the 
stiffness composite factor. 
 












4 (?̅?1/2 − 1)] 
(B.19) 
Similar to Eqns. (B.7) and (B.8), in this form, one can take the limit of 𝐸1 → 0 to obtain the Young’s 
















B.4 Tetrakaidecahedron strength 
B.4.1 𝜎𝑦,𝑐𝑜𝑚𝑝 𝜎𝑦1⁄  in terms of reinforcement factor and shell thickness t 





















− 1} ?̅?2/1)]. 
(B.21) 




































4 (?̅?1/2 − 1)}] 
(B.23) 
In this form, the terms preceding the square brackets represent the strength of the polymer lattice 
having a strut radius 𝑟2. The terms within the square brackets represent the strength composite factor. 
 












4 (?̅?1/2 − 1)] 
(B.24) 
In this form, one can also take the limit of 𝐸1 → 0 to obtain the strength of a lattice with hollow 
















B.5 Relative specific modulus and relative specific strength 
B.5.1 Octet models 
B.5.1.1 Volume basis – equal relative density 
Here, we consider the case where the outer radius of a composite lattice strut 𝑟2,𝑐𝑜𝑚𝑝 is equal to the 
radius of a polymer-only lattice strut 𝑟𝑝𝑜𝑙𝑦 (𝑟2,𝑐𝑜𝑚𝑝 = 𝑟𝑝𝑜𝑙𝑦), so that the lattice relative densities are also 
equal (?̅?𝑐𝑜𝑚𝑝 = ?̅?𝑝𝑜𝑙𝑦). This establishes a volume basis for comparison. 
 
B.5.1.1.1 Relative specific modulus upper bound 














2 + (1 − ?̅?1/2
2 )?̅?2/1]. (B.26) 



















2 + (1 − ?̅?1/2
2 )?̅?2/1], (B.28) 
where 
𝜌𝑝𝑜𝑙𝑦 = (?̅?𝑣,1 + ?̅?𝑣,2)𝜌𝐼𝑃𝑆   𝑎𝑛𝑑   𝜌𝑐𝑜𝑚𝑝 = ?̅?𝑣,1𝜌𝐼𝑃𝑆 + ?̅?𝑣,2𝜌𝑁𝑖𝑃 
(B.29) 
and 
































B.5.1.1.2 Relative specific modulus lower bound 




























B.5.1.1.3 Relative specific strength 









2 (?̅?1/2 − 1)]. (B.33) 


















2 (?̅?1/2 − 1)]. (B.35) 
 
B.5.1.2 Mass basis – equal mass density 
In this section, we consider the case where the mass density of the composite lattice 𝜌𝑐𝑜𝑚𝑝 is equal 
to the mass density of a polymer-only lattice 𝜌𝑝𝑜𝑙𝑦 (𝜌𝑐𝑜𝑚𝑝 = 𝜌𝑝𝑜𝑙𝑦). This establishes a mass basis for 
comparison. Since the IP-S polymer bulk material has a lower mass density than Ni-P, a polymer-only 
lattice will require thicker struts in order to match the mass density of a composite lattice. Given 𝜌𝑐𝑜𝑚𝑝, 
we calculate the exact relative specific properties by first calculating the relative density of a polymer-
only lattice with 𝜌𝑝𝑜𝑙𝑦 = 𝜌𝑐𝑜𝑚𝑝 and then solving Eqn. (1.12) to obtain the corresponding polymer-only 
strut radius 𝑟𝑝𝑜𝑙𝑦. The Young’s modulus and strength of this mass-equivalent polymer-only lattice can 
then be calculated using the models for homogeneous lattices. In this method, there is no analytical 
expression to directly calculate the relative specific properties on a mass basis, but to provide some 
intuition, we can derive approximate expressions using the first order approximation for relative density 
in Eqn. (1.11). Note that the results shown in Figure 1.14 were calculated exactly and not using these 
approximations. 
 
B.5.1.2.1 Relative specific modulus upper bound 





































?̅?𝑣,𝑝𝑜𝑙𝑦 . (B.37) 






















2 + (1 − ?̅?1/2
2 )?̅?2/1]. (B.40) 
 
B.5.1.2.2 Relative specific modulus lower bound 












B.5.1.2.3 Relative specific strength 














(?̅?𝑣,1 + ?̅?𝑣,2)?̅?𝑦2/𝑦1[1 + ?̅?1/2













?̅?𝑝𝑜𝑙𝑦 . (B.43) 























2 (?̅?1/2 − 1)]. (B.45) 
Note that the volume-basis models and the approximate mass-basis models are mathematically 
equivalent. However, the derivations for the mass-basis models are based on first order approximations of 
relative density and therefore do not provide an accurate representation of the relative specific properties 
on a mass basis at higher relative densities, as discussed in Appendix A:. 
 
B.5.2 Tetrakaidecahedron models 
B.5.2.1 Volume basis – equal relative density 
Again, we consider the case where the outer radius of a composite lattice strut 𝑟2,𝑐𝑜𝑚𝑝 is equal to the 
radius of a polymer-only lattice strut 𝑟𝑝𝑜𝑙𝑦 (𝑟2,𝑐𝑜𝑚𝑝 = 𝑟𝑝𝑜𝑙𝑦). 
 
B.5.2.1.1 Relative specific modulus 












4 + (1 − ?̅?1/2
4 )?̅?2/1]. (B.46) 



















4 + (1 − ?̅?1/2













































B.5.2.1.2 Relative specific strength 












4 (?̅?1/2 − 1)]. (B.51) 



















4 (?̅?1/2 − 1)]. (B.53) 
 
B.5.2.2 Mass basis – equal mass density 
In this section, we consider the case where the mass density of the composite lattice 𝜌𝑐𝑜𝑚𝑝 is equal 
to the mass density of a polymer-only lattice 𝜌𝑝𝑜𝑙𝑦 (𝜌𝑐𝑜𝑚𝑝 = 𝜌𝑝𝑜𝑙𝑦). 
 
B.5.2.2.1 Relative specific modulus 








































2 . (B.55) 































4 + (1 − ?̅?1/2
4 )?̅?2/1]. (B.58) 
 
B.5.2.2.2 Relative specific strength 















































4 (?̅?1/2 − 1)]. (B.61) 
Note the exponents on the mass density terms in Eqns. (B.58) and (B.61), which reduce the relative 




Appendix C: Experimental details for polymer-metal composite 
microlattices 
C.1 Nanoscribe direct laser writing parameters 
Microscope objective 25x 
Resin IP-S 
Slicing  0.5 μm 
Hatching* 0.2 μm 
Base slice count 15 
Scan speed 70 mm/s 
Laser power 50% (25 mW) 
Base slice laser power 25% (12.5 mW) 
Table C.1. Nanoscribe 3D direct laser writing parameters for fabricating microlattices. These 
parameters were specified in Nanoscribe’s DeScribe software when converting the microlattice CAD files 
to the Nanoscribe General Writing Language (GWL) format. *Shell and Scaffold method with the shell 
constituting the entire thickness of the structures and with no interior scaffolding. 
 
C.2 Electroless plating procedure 
To metallize the polymer lattices, we used a commercially available electroless plating process 
(Electroless Nickel 9045, OMG Electronic Chemicals, now MacDermid-Enthone Electronics). The 
plating process consisted of five steps: (1) Preparation of the polymer surface by immersion in an aqueous 
solution of hydroxyacetic acid and polyethylene glycol phenyl ether phosphate for 5 minutes at 52 °C, 
followed by rinsing in water, (2) a pre-dip in a solution of sodium chloride and hydrochloric acid for 1 
minute at ambient temperature, to prevent the dilution of the catalyst solution to follow, (3) deposition of 
palladium catalyst on the polymer surface by immersion in a solution containing sodium chloride, 
hydrochloric acid, and tin(II) chloride for 5 minutes at ambient temperature, followed by rinsing in water, 
(4) activation of the palladium catalyst, achieved by a light etching of the tin surrounding the deposited 
palladium, in a solution of fluoroboric acid for 90 seconds at ambient temperature, followed by rinsing in 
water, and (5) deposition of nickel-phosphorus in a plating solution containing nickel(II) sulfate, lactic 
acid, sodium hypophosphite, and ammonium hydroxide at 75 °C and a pH of ~7, followed by rinsing in 
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water. Plating occurred at a rate of approximately 150 nm/minute, and the immersion time was varied to 
achieve different plating thicknesses. 
 
C.3 Ni-P properties 
 
Figure C.1. Energy dispersive X-Ray spectrum of electroless Ni-P. Analysis of an electroless-
deposited Ni-P film by energy dispersive X-ray spectroscopy (EDS) showed that the film contained 





Figure C.2. Nanoindentation of electroless Ni-P film. SEM image of the residual indent from a 
diamond Berkovich tip at an indentation depth of 7.2 µm in an electroless Ni-P film. The presence of 
shear bands around the indentation site is characteristic of inhomogeneous plastic flow and suggests a 













































0.0346 100 0 41.5 26.6 0.841 
6 0.0346 100 0 41.5 26.5 0.870 
6 0.0346 100 0 41.5 23.4 0.727 
6 0.0346 100 0 41.5 24.8 0.764 
6 0.0346 100 0 41.5 20.3 0.664 
6 0.0346 100 0 41.5 24.0 0.794 
7 0.0465 100 0 55.7 37.4 1.41 
7 0.0465 100 0 55.7 34.9 1.39 
7 0.0465 100 0 55.7 33.2 1.24 
7 0.0465 100 0 55.7 31.1 1.21 
7 0.0465 100 0 55.7 30.4 1.17 
7 0.0465 100 0 55.7 35.9 1.27 
7.3 0.0503 100 0 60.4 37.8 1.48 
7.7 0.0557 100 0 66.8 41.4 1.69 
8 0.0598 100 0 71.8 46.0 1.94 
8 0.0598 100 0 71.8 45.7 1.93 
8 0.0598 100 0 71.8 42.0 1.80 
8 0.0598 100 0 71.8 43.0 1.81 
8 0.0598 100 0 71.8 40.4 1.82 
8 0.0598 100 0 71.8 39.6 1.85 
9 0.0746 100 0 89.6 50.3 2.61 
10.6 0.101 100 0 121 72.4 4.04 
13 0.147 100 0 176 121 6.12 
7 
0.10 0.0490 94.8 5.2 78.0 86.6 2.48 
0.25 0.0529 87.7 12.3 112 92.7 2.36 
0.35 0.0557 83.5 16.5 136 143 3.97 
0.75 0.0670 69.3 30.7 235 94.3 3.37 
1.0 0.0746 62.2 37.8 301 226 5.19 
1.7 0.0976 47.6 52.4 501 210 6.33 
2.5 0.127 36.6 63.4 756 398 8.36 







0.0413 100 0 49.6 13.5 0.649 
8.1 0.0444 100 0 53.3 13.8 0.677 
8.5 0.0486 100 0 58.4 12.5 0.780 
9.8 0.0635 100 0 76.2 24.8 1.24 
11.4 0.0841 100 0 101 41.2 2.04 
13.8 0.119 100 0 143 83.6 3.66 
7.8 
0.10 0.0434 95.3 4.7 67.3 33.5 1.03 
0.25 0.0465 88.9 11.1 94.5 35.9 1.14 
0.35 0.0486 85.0 15.0 113 67.8 1.96 
0.75 0.0576 71.8 28.2 191 84.7 2.15 
1.0 0.0635 65.1 34.9 243 120 3.71 
1.7 0.0814 50.8 49.2 398 209 5.59 
2.5 0.104 39.8 60.2 594 320 8.21 
5.0 0.187 22.1 77.9 1314 897 16.3 










































0.0465 100 0 55.7 28.2 1.30 
7 0.0746 100 0 55.7 27.1 1.17 
7.3 0.0465 100 0 60.4 31.6 1.34 
7.7 0.0503 100 0 66.8 36.1 1.46 
9 0.0557 100 0 89.6 50.2 -- 
10.6 0.101 100 0 121 69.1 -- 
7 
0.10 0.0490 94.8 5.2 78.0 77.7 1.89 
0.15 0.0503 92.3 7.7 89.3 83.2 -- 
0.15 0.0503 92.3 7.7 89.3 97.7 1.88 
0.35 0.0557 83.5 16.5 136 93.5 3.14 
0.35 0.0557 83.5 16.5 136 115 -- 
0.35 0.0557 83.5 16.5 136 125 -- 
0.75 0.0670 69.3 30.7 235 95.2 4.33 
1.0 0.0746 62.2 37.8 301 195 4.84 
1.0 0.0746 62.2 37.8 301 306 5.31 
1.0 0.0746 62.2 37.8 301 291 -- 
2.5 0.127 36.6 63.4 756 330 6.93 
2.5 0.127 36.6 63.4 756 613 7.71 
5.0 0.235 19.7 80.3 1700 992 13.5 
5.0 0.235 19.7 80.3 1700 720 11.3 
tetrakaidecahedron 




0.0413 100 0 49.6 11.0 0.520 
7.8 0.0413 100 0 49.6 12.0 0.607 
8.1 0.0444 100 0 53.3 10.3 0.534 
8.5 0.0486 100 0 58.4 13.2 0.655 
9.8 0.0635 100 0 76.2 21.7 1.06 
11.4 0.0841 100 0 101 35.6 1.69 
7.8 
0.10 0.0434 95.3 4.7 67.3 31.6 0.790 
0.15 0.0444 93.1 6.9 76.2 44.4 1.10 
0.35 0.0486 85.0 15.0 113 51.6 1.47 
0.35 0.0486 85.0 15.0 113 41.7 1.39 
0.75 0.0576 71.8 28.2 191 57.4 2.34 
1.0 0.0635 65.1 34.9 243 131 3.23 
1.0 0.0635 65.1 34.9 243 59.2 2.84 
2.5 0.104 39.8 60.2 594 278 5.73 
5.0 0.187 22.1 77.9 1314 1006 17.8 






Appendix D: Experimental details for metal-graphene composite 
microlattices 
D.1 Nanoscribe direct laser writing parameters 
Microscope objective 25x 
Resin IP-S 
Slicing  1.0 μm 
Hatching* 0.5 μm 
Base slice count None 
Scan speed 70 mm/s 
Laser power 100% (50 mW) 
Table D.1. Nanoscribe 3D direct laser writing parameters for fabricating microlattices. These 
parameters were specified in Nanoscribe’s DeScribe software when converting the microlattice CAD files 
to the Nanoscribe General Writing Language (GWL) format. *Shell and Scaffold method with the shell 
constituting the entire thickness of the structures and with no interior scaffolding. 
 
D.2 Electroless plating procedure 
To metallize the polymer lattices, we used commercially available electroless plating processes for 
Cu (Electroless Copper 4000, OMG Electronic Chemicals, now MacDermid) and for Ni-B (0.25-0.50% B 
by weight, Niklad 752, MacDermid). The Cu plating process consisted of four steps: (1) Preparation of 
the polymer surface by immersion in an aqueous solution of hydroxyacetic acid and polyethylene glycol 
phenyl ether phosphate for 5 minutes at 52 °C, followed by rinsing in water, (2) a pre-dip in a solution of 
sodium chloride and hydrochloric acid for 1 minute at ambient temperature, to prevent the dilution of the 
catalyst solution to follow, (3) deposition of palladium catalyst on the polymer surface by immersion in a 
solution containing sodium chloride, hydrochloric acid, and tin(II) chloride for 5 minutes at ambient 
temperature, followed by rinsing in water, and (4) deposition of copper in a plating solution containing 
copper(II) chloride, formaldehyde, methanol, tetrasodium EDTA, and sodium hydroxide at 42 °C, 
followed by rinsing in water and blow-drying with nitrogen. The Cu plating rate was approximately 1.5 
µm/hour. 
The Ni-B plating process consisted of five steps, including the same first three steps as the Cu 
process followed by an additional catalyst activation step and finally, the Ni-B deposition step: (1) 
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Preparation of the polymer surface, (2) pre-dip, (3) deposition of palladium catalyst, (4) activation of the 
palladium catalyst, achieved by a light etching of the tin surrounding the deposited palladium, in a 
solution of fluoroboric acid for 15 seconds at ambient temperature, followed by rinsing in water, and (5) 
deposition of nickel-boron in a plating solution containing nickel bis(sulfamidate) and dimethylamine-
borane at 68 °C, followed by rinsing in water. The Ni-B plating rate was approximately 3 µm/hour. 
 










































33.3 7.6 4.5 0.1275 49.6 graphene -- -- 





Appendix E: Experimental details for 1st generation valved conduit 
E.1 Mechanical testing 
We evaluated the mechanical behavior of two commercially available, biostable and biocompatible 
polymers: CarbothaneTM AC-4075A (Lubrizol, Cleveland, Ohio) and Elast-EonTM E5-325 (Biomerics, 
Salt Lake City, Utah). To prepare material samples, pellets of either CarbothaneTM (20% w/v) or Elast-
EonTM (40% w/v) were dissolved in N,N-Dimethylacetamide (99.5%, ACROS Organics, Fair Lawn, New 
Jersey) to create a viscous solution. After the dissipation of bubbles (~24 hours), the polymer solution was 
cast onto flat plates and then dried in an oven for 1 hour at 80 °C and ambient pressure. The resulting 
polymer films were cut into individual specimens for testing, and the thicknesses of the specimens were 
measured using a digital thickness gauge (Mitutoyo 547-526S, Mitutoyo Corporation, Tokyo, Japan). 
All mechanical tests were performed in air at ambient temperature (~25 °C) using an Instron 
MicroTester 5848 with a 50 N load cell (Instron, Norwood, Massachusetts), and all measurements were 
taken from distinct samples. Sample strain was measured using the machine crosshead displacement. To 
obtain the elongations at break and ultimate strengths, dog-bone samples with a 22 mm gauge length were 
cut with an American Society for Testing and Materials (ASTM) D1708 cutting die (Ace Steel Rule Dies, 
Medford, New Jersey). The samples were then uniaxially stretched at a strain rate of 0.0067 s-1 to match 
the strain rate used for the stretch tests. 
For the stress relaxation tests, 1x4 cm rectangular samples were individually mounted with a 15 mm 
gauge length between the Instron machine grips. Each sample was first preconditioned for 5 cycles of 
stretching to 𝜆 = 1.5 and unloading at a strain rate of 0.1 s-1. Then, it was stretched again at the same 
strain rate and held at a constant stretch of 𝜆 = 1.5 for 300 seconds while the load on the sample was 
monitored. 
For the stretch tests, 1x4 cm rectangular samples were individually mounted with a 15 mm gauge 
length between the Instron machine grips and then uniaxially stretched to a single predetermined stretch 
ratio (𝜆 = 2, 3, 4, or 5) at a strain rate of 0.0067 s-1 (corresponding to a machine crosshead speed of 0.1 
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mm/s). The samples were then immediately released from this stretch by returning the machine grips to 
the 15 mm gauge length at the same strain rate, with the sample still held in the grips. The amount of 
immediately recoverable deformation was denoted by the point of return to zero stress. The samples were 
then removed from the machine grips and allowed to recover viscoelastically with no external loading. 
Prior to the start of the test, the gauge length between the grip edges was also marked with a marker. After 
removal from the testing machine, the amount of strain in each sample was tracked by measuring the 
distance between these marks. The final permanent stretch was measured 24 hours after the end of each 
test. 
 
E.2 IACUC Protocol 
Origin and veterinary care: Young adult Sprague Dawley rats (n = 3, male, 4 months old) were 
purchased from Charles River Laboratories (Wilmington, Massachusetts). Animals were housed in the 
Black Building on the campus of the Columbia University Irving Medical Center and treated under the 
supervision of the Columbia University Institute of Comparative Medicine (ICM), following our protocol 
approved by the Institutional Animal Care and Use Committee. The rats were not subjected to water or 
food restrictions. ICM animal care staff conducted routine husbandry procedures (cage cleaning, feeding 
and watering). Full time ICM veterinarian staff monitored the rats at least twice a day to assess their 
condition as per approved IACUC protocol. The veterinary staff was available at all times and assisted 
with surgical procedures, injections and sample harvesting. 
Anesthesia and pain relief: Rats were initially anesthetized with isofluorane inhalation (4%) via an 
induction chamber and then maintained with isoflurane at 1.0-1.5% via nose cone during the polymer 
patch implantation. After implantation, the rats were allowed to recover on a warm pad at 37 °C and 
returned to the cage once awake. Potential pain was assessed every 2 days and relieved by Meloxicam 
administration. If any of the following sign/symptoms were noted analgesic was administered: decreased 




Euthanasia: Rats were euthanized by isoflurane overdose, a method consistent with the 
recommendations of the Panel on Euthanasia of the American Veterinary Medical Association. Death was 
verified by cervical dislocation since the IACUC approves this method as quick and painless on small 
animals. 
 
E.3 Fabrication by dip molding 
Two device prototypes were formed by dip molding. First, the geometry of the valved conduit was 
modeled in the computer-aided design (CAD) program SolidWorks (Dassault Systèmes, Waltham, 
Massachusetts) and used to design a two-piece mold, which was then machined in aluminum by 5-axis 
computer numerical control (CNC) milling (Protolabs, Maple Plain, Minnesota). To form the leaflets, the 
positive end of the mold was manually dipped into a liquid solution of Elast-EonTM (40% w/v in N,N-
Dimethylacetamide) and then dried in an oven at 80 °C for >12 hours, evaporating the solvent and leaving 
a conformal polymer coating. Next, the negative end of the mold was fitted over the positive end with the 
first coating still intact, and the assembled mold was dipped and then dried to form the conduit. Conduit 
thickness was increased using additional rounds of dipping and drying. After the final round, the polymer-
coated mold was removed from the oven, cooled to room temperature, and then soaked in water for 15 
minutes to loosen the polymer from the mold. Finally, the polymer was carefully peeled from the mold, 
and the three leaflets were separated using a sharp blade. 
 
E.4 In vitro evaluation 
Balloon dilation: Permanent dilation of the valved conduits (n = 2) was performed using a 46 mm 
diameter Coda balloon catheter (Cook Medical, Bloomington, Indiana). The balloon was lubricated with a 
food-grade mineral oil (Clark’s, Bainbridge Island, Washington) and filled with tap water using a 10 mL 
syringe. The balloon was inflated to the maximum 46 mm diameter and then immediately released, with 
no holding time. The diameters of the valved conduits were monitored by measuring their outer 
circumferences at the valve position. The duration of time to fully inflate and then deflate the Coda 
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balloon was ~1 minute, excluding intermittent breaks to refill the syringe and monitor the diameter of 
inflation. 
Hydrodynamic testing: The in vitro hydrodynamic function of the prototypes was evaluated both 
before and after balloon dilation using a commercial heart valve pulse duplicator (HDTi 6000, BDC 
Laboratories, Wheat Ridge, Colorado) equipped with a flow meter (Transonic Systems, Ithaca, New 
York) and upstream and downstream pressure transducers (BDC Laboratories). Device #1 was tested 
using adolescent/adult pulmonary conditions at 15 mmHg mean arterial pressure (70 bpm heart rate, 70 
mL stroke volume, systole comprising 35% of the cardiac cycle, and a working fluid of 1% w/v saline 
solution at 37 °C). Device #2 was tested using pediatric aortic conditions at 76 mmHg mean arterial 
pressure (70 bpm heart rate, 60 mL stroke volume, systole comprising 33% of the cardiac cycle, and a 
working fluid of 1% w/v saline solution at ambient temperature (~25 °C)). 
ISO calculations: The mean positive pressure differential (PPD), where pressure differential (PD) is 
defined by 
𝑃𝐷 =  𝑣𝑒𝑛𝑡𝑟𝑖𝑐𝑢𝑙𝑎𝑟 𝑝𝑟𝑒𝑠𝑠𝑢𝑟𝑒 –  𝑎𝑟𝑡𝑒𝑟𝑖𝑎𝑙 𝑝𝑟𝑒𝑠𝑠𝑢𝑟𝑒, Equation (S1) 
was calculated over the time period ranging from the start of the positive pressure differential 
(𝑣𝑒𝑛𝑡𝑟𝑖𝑐𝑢𝑙𝑎𝑟 𝑝𝑟𝑒𝑠𝑠𝑢𝑟𝑒 >  𝑎𝑟𝑡𝑒𝑟𝑖𝑎𝑙 𝑝𝑟𝑒𝑠𝑠𝑢𝑟𝑒) to the end of the positive pressure differential. The 






, Equation (S2) 
where 𝑞𝑣𝑅𝑀𝑆 is the root mean square forward flow (ml/s) during the positive differential pressure 
period, ∆𝑝 is the mean PPD (mmHg) during the same period, and 𝜌 is the density of the test fluid (g/cm3). 
The regurgitant fraction was calculated as 
𝑅𝐹 =
𝐶𝑙𝑜𝑠𝑖𝑛𝑔 𝑣𝑜𝑙𝑢𝑚𝑒 + 𝐿𝑒𝑎𝑘𝑎𝑔𝑒 𝑣𝑜𝑙𝑢𝑚𝑒
𝐹𝑜𝑟𝑤𝑎𝑟𝑑 𝑓𝑙𝑜𝑤 𝑣𝑜𝑙𝑢𝑚𝑒
, Equation (S3) 
and simulated cardiac output was calculated as 
𝑆𝑖𝑚. 𝐶. 𝑂.=
𝐹𝑜𝑟𝑤𝑎𝑟𝑑 𝐹𝑙𝑜𝑤 𝑉𝑜𝑙𝑢𝑚𝑒 (𝑚𝐿)×𝐵𝑒𝑎𝑡 𝑅𝑎𝑡𝑒 (𝑏𝑝𝑚)
1000
.  Equation (S4) 
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Effect of balloon dilation on valve coaptation: To measure the increased coaptation heights of the 
leaflets, two valved conduits, one in a pre-dilation state and one in a post-dilation state, were first 
mounted vertically in a test fixture (BDC Laboratories) with the distal end facing upwards and a 25.4 mm 
inner diameter clear polycarbonate tube affixed to the top of the test fixture. Then, tap water at ~25 °C 
was poured into the distal end of the tube to generate pressure heads corresponding to pressures of 3 
mmHg, which was just sufficient to close the valves, and 25 mmHg, which is the typical peak diastolic 
pressure in the pulmonary artery. The pressure was monitored using a pressure transducer (BDC 
Laboratories) and StatysTM software (BDC Laboratories). Images of the valves in the closed states were 
recorded with a digital camera, and measurements were taken using ImageJ software (National Institutes 
of Health, Bethesda, Maryland). 
 
 
